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Introduction

Over the past decade, magnetic resonance imaging (MRI)
has developed into a powerful diagnostic technique, advanc-
ing rapidly from the creation of the first images in 1973 [1]
to the current state of providing detailed information about
both anatomy and function. This explosive growth is par-
tially due to the fact that many tissue parameters can affect
the MR signal. Signal acquisition can be manipulated in
a variety of ways, enabling the user to control image con-
trast. More recently, advances in scanner hardware have
enabled the collection of an entire image in 50 msec or
less. Consequently, MRI has evolved from a technique able
to provide images with superb soft tissue contrast to one
that is also capable of imaging fast physiological processes.

The goal of this chapter is to provide the conceptual
background for understanding MRI, with a particular em-
phasis on functional MRI (fMRI) contrast mechanisms,
methods, and pertinent issues. The next section introduces
the basic principles of MR imaging — that is, the creation
of spatial information using magnetic field gradients. This
includes a brief overview of conventional, fast, and echo
planar imaging sequences, followed by a discussion of the
use of these sequences to evaluate function. We then de-
vote an entire section to explaining the use of MRI to
observe human brain function.

Basic Principles of Magnetic Resonance
Imaging

MAGNETIC RESONANCE PHENOMENON
Nuclei in a Magnetic Field

The first step in creating a magnetic resonance image is
placing the subject in a strong magnetic field. The mag-
net set-up is shown in Figure 1. This field is typically in

the range of 0.5 to 3 Tesla, which is ten to sixty thou-
sand times the strength of the earth’s magnetic field. The
presence of such a strong magnetic field causes the nuclear
spins of certain atoms within the body — namely, those
with a nuclear spin dipole moment — to orient themselves
cither parallel or antiparallel to the main magnetic field
(Bp). The nuclei precess about By with a frequency, called
the resonance or Larmor frequency (vg), which is directly
proportional to By:

vy = y¥By, (1)

where y is the gyromagnetic ratio, a fundamental physical
constant for each nuclear species. Since the proton nucleus
('"H) has a high sensitivity for its MR signal (a result of
its high gyromagnetic ratio, 42.58 MHz/Tesla) and a high
natural abundance, it is currently the nucleus of choice for
magnetic resonance imaging. Because the parallel state is
the state of lower energy, slightly more spins reside in the
parallel configuration. This creates a net magnetization,
which is represented by the vector M.

Radiofrequency Field

Magnetic resonance occurs when a radiofrequency (RF)
pulse, applied at the Larmor frequency, excites the nu-
clear spins and so raises them from their lower to higher
energy states. Classically, this can be represented by a ro-
tation of the net magnetization My away from its rest or
equilibrium state. The amount of this rotation is given
in terms of the flip angle, which depends on the strength
and duration of the RF pulse. Common flip angles are
90°, where the magnetization is rotated into a plane per-
pendicular to By to create transverse magnetization (Mry),
and 180°, where the magnetization is inverted or aligned
antiparallel to By. A vector diagram of magnetization dur-
ing a 90° pulse is schematically shown in Figure 2. Once
the magnetization is deflected, the RF field is switched off
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and the magnetization once again freely precesses about
the direction of By. According to Faraday’s law of induc-
tion, this time-dependent precession will induce a current
in a receiver coil, the RF coil. The resultant exponentially
decaying voltage, referred to as the free induction decay
(FID), constitutes the MR signal. The FID is shown in
Figure 3. Since precession occurs at the Larmor frequency,
the resulting MR signal also oscillates at a frequency equal
to the Larmor frequency.

During the period of free precession the magnetization
returns to its original equilibrium state by a process known
as relaxation, which is characterized by two time constants,
T1 and T2. These constants depend on certain physical
and chemical characteristics unique to tissue type, there-
fore contributing substantially to the capability of MRI to
produce detailed images of the human body with unprece-
dented soft tissue contrast.

Relaxation Phenomenon

Spin-Lattice Relaxation (T1). Radiofrequency stimula-
tion causes nuclei to absorb energy, lifting them to an
excited state. The nuclei in their excited state can return to
the ground state by dissipating their excess energy to the
lattice. This return to equilibrium is termed spin-lattice
relaxation and is characterized by the time constant T1,
the spin-lattice relaxation time. The term “lattice” de-

Figure 1. A schematic of a typical MR imaging system. The essential
components include the magnet producing the main magneric field,
shim coils, a set of gradient coils, an RF coil, and amplifiers and
computer systems (not shown) for control of the scanner and data
acquisition.

Shim
Gradient

Figure 2. A series of vector diagrams illustrating the excitation of a
collection of spins by applying an alternating magnetic field, in this
case a 90° radiofrequency (RF) pulse (represented here as By); By in-
dicates the direction of the main magnetic field. The first two vector
diagrams are in a frame of reference rotating with the radiofrequency
pulse. As a result, the alternating magnetic field can be represented
by a vector in a fixed direction. Application of the RF pulse flips the
magnetization into the transverse plane, after which the magnetization
continues to precess about the main magnertic field.

scribes the magnetic environment of the nuclei. To better
understand T1 relaxation, consider the following exam-
ple. Suppose that, in the equilibrium state, My is oriented
along the z-axis. A 90° RF pulse rotates My completely
into the transverse plane so that M, (the z component of
My) is now equal to zero. After one TI interval, M, =
0.63M,. After two T1 intervals, M. = 0.86M,, and so on.
Thus, the T1 relaxation time characterizes the exponen-
tial return of the M, magnetization to My from its value
following excitation.

The inversion recovery sequence that is most sensitive
to T1 effects consists of a 180° RF pulse followed by a de-
lay (TI, the inversion time), which in turn is followed by
a 90° RF pulse and signal acquisition (AQ). Hence, this
sequence is denoted by

180° -~ TI -- 90° -- AQ. (2)

At time t = 0, My is inverted by a 180° pulse, after
which M. (= M) lies along the negative z-axis. Because
of spin-lattice relaxation, M, will increase in value from
—My through zero and back to its full equilibrium value
of +My. A 90° pulse is applied at a time TI after the ini-
tial 180° pulse. The 90° pulse rotates
the partially recovered magnetization,
M., into the transverse plane, result-
ing in a detectable MR signal or FID.

Main
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J after a time TI. By varying the TI, the

The FID reflects the magnitude of M,

rate of return of M, to its equilibrium
position can be monitored, as shown
in Figure 4. If we assume that M, is

initially equal to —Mj after the 180°
AN pulse and recovers with an exponen-
\ tial decay rate 1/T1, then the equation
¥ describing the recovery of M. is given
ST by
RF Coil M. () = Mo[1 =277 (3)
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Figure 3. The signal acquired after excitation in the absence of applied
magnetic field gradients is a decaying sinusoid, called the free induc-
tion decay (FID). This signal is characterized by two parameters — the
amplitude and the frequency, which depend on the number and type
of spins being studied and the magnetic environment that the spins

are in.

Spin-Spin Relaxation (T2, T2*). Immediarely after an RF
pulse, the magnetic moments (or spins) are in phase. Be-
cause of natural processes that cause nuclei to exchange
energy with each other, the spins lose their phase coher-
ence. As a result, the net transverse magnetization (M)
decays to zero exponentially with time, yielding spin—spin
relaxation. This decay is characterized by the time con-
stant T2. However, processes other than inherent spin-spin
interactions also cause the spins to dephase. The main
magnetic field is not perfectly homogeneous, so nuclei in
different portions of the sample experience different val-
ues of By and precess at slightly different frequencies. This
is described in more detail later. When both natural pro-
cesses and magnetic imperfections contribute to My decay,
the decay is characterized by the time constant T2*, which
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Figure 4. In an inversion recovery sequence, an initial 180° RF pulse
flips the magnetization along the —z-axis. The magnetization then re-
laxes back to its equilibrium state with a time constant T1. At a time
TI after the 180° pulse, a 90° pulse is applied, flipping the partially re-
covered magnetization into the transverse plane. This acquired signal
(dotted line) is modulated by the T1 relaxation of the tissue.

is less than T2. Typically, both T2* and T2 are much less
than TI.

The spin—echo pulse sequence was designed to correct
for the transverse decay due to field inhomogeneities. It
consists of a 90° RF pulse followed by a 180° RF pulse and
signal acquisition:

90° -- 7 - 180° -- T - AQ. (4)

Figure 5. A series of vector diagrams illustrating the formation of a
spin echo. The diagrams are shown in a frame of reference rotating
with the resonance frequency of water. The magnetization is excited
by an RF pulse, flipping it into the transverse plane (a). Because of
magnetic field inhomogeneities, the spins dephase — shown here as a
“fanning our” of the vector (b). At a time ¢ (c), a 180° RF pulse is
applied thar flips the spins to the other side of the transverse plane
(d). The spins then continue to precess as before, but now the slower
precessing spins are ahead of the faster ones (¢). The spins refocus,
forming an echo of the original transverse magnetization at time 2¢ (f).
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Figure 6. In a spin—echo sequence, the amplitude of the acquired sig-
nal (shown here as a spin echo) is modulated by the T2 relaxation of
the spins. Signals acquired at a longer TE will be smaller.

As illustrated in Figure S, following the 90° RF pulse, spins
experiencing the slightly higher fields precess faster than
those experiencing the lower fields. Consequently, the spins
“fan out” or lose coherence. Then, at some time 7 after
application of the 90° pulse, a 180° pulse is applied and
the spins will be flipped into mirror image positions; that
is, the fast spins will now trail the slow spins. Hence, at
a time T later, the fast spins will have caught up with the
slow spins, so that all are back in phase and a spin echo
is created. The total period between the initial 90° pulse
and the echo is denoted the echo time (TE = 21). Thus,
the spin echo reflects the magnitude My after time TE.

Spins lose phase coherence not only because of field in-
homogeneities but also because of the natural processes
responsible for spin-spin relaxation. These natural pro-
cesses are irreversible and cannot be refocused. Therefore,
the spin-echo signal amplitude at time TE reflects T2 de-
cay. Consequently, as the value of TE is increased, the
echo amplitudes will decrease. This is shown in Figure 6
and can be simply described as follows:

Mo (t) = Mge /™2, ()

IMAGING CONCEPTS

The basic goal of MR imaging is to measure the distri-
bution of magnetization within the body, which depends
on both the variation in the concentration of water and
the magnetic environment between different tissues. In a
completely uniform field, all of the hydrogen protons of
water resonate at the same frequency. The RF coil used
to detect the signal, as shown in Figure 1, is sensitive only
to the frequency, amplitude, and phase of the precessing
magnetization and not to the spatial location. It cannot
distinguish two spins at different locations that are pre-
cessing at the same frequency; it can only distinguish spins
precessing at different frequencies. To make an image it
is necessary to make the spin’s precessional frequency de-
pend on the location of the spin. This is accomplished
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by superimposing linear magnetic field gradients on the
main magnetic field. The term “gradient” indicates that
the magnetic field is altered along a selected direction. Re-
ferring to the Larmor equation (1), we note that if the field
is varied linearly along a certain direction then the reso-
nance frequency also varies with location, thus providing
the information necessary for spatial localization.

We will first review the conventional method by which
gradients are applied to acquire a two-dimensional image.
Understanding these principles will aid in the understand-
ing of more advanced techniques (e.g., fast gradient echo
and echo planar imaging) that are described in subsequent
sections.

Obraining a two-dimensional image requires three steps.
The first step is to excite only the spins in the slice of in-
terest; this is called slice selection. The next steps are to
localize the spins within that slice using the techniques of
frequency encoding and phase encoding. For convenience,
let z denote the direction for slice selection, x the direction
for frequency encoding, and y the direction for phase en-
coding. These designations are arbitrary and unrelated to
the actual physical orientation of the x, y, and z gradient
coils. These concepts are introduced by building up a con-
ventional spin-echo imaging sequence, which consists of a
combination of RF and gradient pulses.

Slice Selection

The first step is the selection of a slice, which is achieved
by applying a magnetic field gradient along the z-axis (G2)
during a 90° RF pulse of a specific frequency bandwidth
(period 1 of Figure 7). When the slice selection gradient
G, is applied along the z-axis, the resonance frequencies of
the protons become linearly related to positions along the
z-axis. Individual resonance frequencies correspond to in-
dividual planes of nuclei. In this example, these planes are
oriented perpendicular to the z-axis. When the frequency-
selective 90° pulse is applied while G is energized, only
nuclei in the plane with corresponding frequencies will be
excited; thus, a slice will be selected. This is indicated
as the dark gray area in Figure 8. The frequency band-
width of the excitation pulse, together with the gradient,
confines the excitation to the nuclei in the slice. No sig-
nals are excited or detected from areas outside the defined
slice.

The RF pulse that is transmitted to the patient contains
not just one frequency but rather a narrow range, or band-
width, of frequencies. Quantitatively, the thickness of the
excited slice (Az) in centimeters is related to the gradient
amplitude G, and RF bandwidth Af as follows:

Az = Af/yG;. (6)

If Af is increased so that more frequencies are present in
the RF pulse, then a larger slice will be excited. Alter-
natively, if the strength of the gradient is decreased then
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Figure 7. The sequence of RF power and gradient strength used for
slice selection. To excite only one slice, a magnetic field gradient is
applied during the exciration RF pulse.

more spins are resonating in a given range of frequencies,
and again a larger slice is excited. Therefore the thickness
of the slice excited can be varied in two ways: by chang-
ing the strength of the gradient, as indicated in Figure 9,
or by varying the bandwidth of the transmitted RF pulse,
as shown in Figure 10.

The slice-selection gradient G. has two effects on the
MR signal, the desired one of aiding in spatial localization
and the unwanted one of dephasing the signal (since the
phase of the spins is also proportional to field strength).

Figure 8. The application of a magnetic field gradient in slice selec-
tion creates a stronger magnetic field at one end of the sample than at
the other end, shown here as arrows of varying length. When the RF
pulse is transmitted into the sample, only those spins whose preces-
sional frequency matches the frequencies in the RF pulse are excited,
shown here as a dark gray slab.
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Therefore, after the slice selection gradient (period 1), a
negative z gradient follows (period 2 of Figure 7) to com-
pensate for the dephasing effects of the slice selection gra-
dient. Ideally, this gradient will result in an accumulated
phase that is equal and opposite to the phase accumulated
from the initial slice selection gradient, thereby canceling
its dephasing effects. This type of gradient is often referred
to as a “time-reversal” or “rephasing” gradient.

Frequency Encoding

After slice selection, the next task is to distinguish sig-
nals from different spatial locations within the slice. This
is accomplished in the x direction by applying a gradient
Gy, the frequency encoding gradient, during the acquisi-
tion of the signal (time period 3 in Figure 11). Because
the MR signal is sampled during the time that G, is on,
this period is also commonly referred to as the “readout”
period and G as the “read” gradient. This signal can
come from either the FID or a spin—echo sequence, the
latter formed by applying a 180° pulse at a time TE/2
after the 90° excitation pulse, as shown in Figure 11(b).
Sequences that collect the signal from the FID are known
as gradient—echo (GRE) sequences; those that collect the
signal from the spin echo are known as spin—echo (SE) se-
quences. The two differ in the contrast that they provide.
For example, because of the refocusing pulse, spin—echo
sequences are less susceptible to magnetic field inhomo-
geneities and thus reflect differences in T2 rather than T2*
relaxation times between the tissues. These differences will
be discussed in detail later. The next few sections will deal
mainly with the spin—echo sequence.

The way in which the linear gradient encodes the spa-
tial information can be more easily seen by considering a
sample consisting of two vials of water, aligned with the
y-axis and placed some distance apart in the x direction
(see Figure 12). All of the signal comes from these two
sources of water. If signal from this sample is collected
without the application of any gradients, both areas are

B magnetic
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Figure 9. The position of the excited slice can be varied by changing
the frequency of the transmitred RF pulse.
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precessing at the same frequency. Consequently, the signal
will appear as a pure sinusoid, and applying a mathemat-
ical process called the Fourier transform will show that it
contains only one frequency. (Whereas the FID represents
the time evolution of My, the Fourier transform of the
signal represents its frequency distribution.) The amplitude
of this frequency peak corresponds to the total amount of
water from both vials.

However, if a gradient is applied during the acquisition
of the signal, then the spins in one vial are in a slightly
higher magnetic field than those in the other vial. Ac-
cording to the Larmor relation, one group of spins will
precess faster than the other group, and the signal will be
an interference pattern composed of both of these frequen-
cies. A Fourier transform applied to this signal will reveal
two distinct frequencies. Since a spatially linear gradient
was applied, the frequencies of these peaks exactly corre-
spond to the position of the vials. Also, the amount of
signal at a given frequency is determined by the number
of spins precessing at that frequency, so it is directly re-
lated to the amount of magnetization at a given location.
In other words, the Fourier transform of the signal is sim-
ply a projection of the distribution of magnetization onto
the frequency encoding axis.

Figure 13 shows the phases of the magnetization vectors
in one slice at three time points during frequency encod-
ing. The presence of the gradient induces the spins at one
end to precess faster than those at the other end, causing
an increasing amount of phase shift along this direction.
As time progresses (when the gradient has been applied
for a longer duration), the amount of “phase twisting” is
increased. One effect of this is that the peak of the sig-
nal (when it is least dephased) will be at the beginning
of the acquisition. In order to move the peak signal to
the center of the acquisition window, a negative gradi-
ent lobe (time reversal gradient) with exactly half the area
of the frequency encoding gradient is applied just before
the frequency encoding gradient. This initially dephases
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Figure 10. The thickness of the excited slice can be varied either by (a)
changing the bandwidth of the transmitted RF pulse or by (b) changing
the amplitude of the slice selection gradient. Here Afy = frequency 1,
corresponding to slice thickness Axi; Af, = frequency 2, correspond-
ing to slice thickness Axz; and G = magneric field gradient.

the spins, which are then brought back in phase by the
applied frequency encoding gradient (see Figure 14). In the
spin-echo sequence, the gradient lobe is positive and oc-
curs before the 180° inversion pulse.

The details of the frequency encoding procedure dictate
the image size (in centimeters) or field of view along the
x-axis:

BW
FOV, = —, (7)
YGx
where BW is the receiver bandwidth. Note that the receiver
bandwidth should not be confused with the excitation RE
bandwidth, which dictates the slice thickness (see equation
(6)). Here, the bandwidth is the effective range of frequen-
cies that can be properly detected, as determined by the
Nyquist criterion [2]. The BW is controlled by the digital
sampling rate, which in turn is determined by the number
of points N, on the signal to be digitized and the length
of time the receiver is on (the acquisition time, AQ):

N,

AQ’
Accordingly, from these two equations, the pixel size along
the frequency encoding axis can be derived as follows:

el si FOV, 1
1Xel S1Z€ = = 5
P N. _ 7G.(AQ

BW =

(8)

)

Phase Encoding

The final spatial dimension can be encoded into the sig-
nal by applying a programmable phase encoding gradient
Gy, simultancous with the rephasing gradient in period 2,
in the time between the excitation and the acquisition (see
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Figure 15). During the phase encoding period,
nuclei in each column of voxels along the y
direction experience different magnetic fields.
Nuclei subjected to the highest magnetic field
precess fastest. This is no different from the
effect of the frequency encoding pulse. How-

RF

Slice

ever, the state of magnetization during the
phase encoding pulse is less important than
the phase shift accumulated after the phase

Selection
Gradient

Frequency

encoding gradient has been turned off. When
the gradient is on, the nuclei that experi-
ence the highest field advance the farthest and

Encoding
Gradient

therefore acquire a phase angle, ¢y, that is
larger than that in voxels experiencing smaller
magnetic fields. After G, is turned off, the
nuclei revert to the resonance frequency deter-

Signal

Acquisition

90 180

(b)

mined by the main magnetic field. However,
they “remember” the previous event by re-
taining their characteristic y-dependent phase
angles. The field of view in the y direction
(FOV,) is quantitatively defined in a manner
similar to (7):

1

FOV, = ——
2 VT)-G ¥ max

(10)
where T, is the duration and Gymax is the
maximum amplitude of the phase encoding
gradient,

Although the signal obtained from one
acquisition (slice selection, phase encoding,

RF

Slice
Selection

and frequency encoding) contains informa-
tion from all voxels in the imaging slice, the

Gradient

information gathered from a single iteration
of this sequence is not sufficient to recon-

Frequency

struct an image. Consequently, the sequence
must be repeated with different settings of the

Encoding
Gradient

e e e SR

Signal

phase encoding gradient G
When a phase encoding gradient of a par-
ticular value has been applied, the effect of

Acquisition

that gradient is to shift the phases of the
spins by an amount depending on their po-
sition (in this case, in the y direction) and

the amplitude of the phase encoding gradient.

S

Figure 11. The sequence of RF power and gradient ampitudes used
to excite one slice and encode the positions of the spins within thar
slice into the signal. In this frequency encoding, the positions of the
spins are encoded by applying a magnetic field gradient in one of
the directions in the excited slice during the acquisition. Note that
the signal can come ecither from (a) the FID or (b) a spin echo (an
echo of the FID). Sequences using signals from the FID are called
gradient—echo sequences; sequences using signals from the spin echo
are called spin-echo sequences,

For example, spins near the isocenter experi-

ence no phase shift, whereas spins at positions

off center are shifted by a certain amount de-

pending on their distance from the center.

The net result of this spin dephasing is simply a decrease

in the signal. It is only through varying the amount of this

dephasing (thus varying the amount of signal decrease) —

by stepping through the phase encoding gradient’s range

of amplitudes — that the location of structures along the
phase encoding gradient can be identified.

If the data at each cycle of the G, setting were plot-

ted, it would show sinusoidal curves with a frequency
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dictated by the rate of phase change (between each iter-
ation of the pulse sequence), which, in turn, depends on
location. A similar curve is derived during frequency en-
coding, but with a difference: each sample along this curve
originates from a different MR signal. Each of these MR
signals follows a phase encoding gradient pulse of differ-
ent amplitude. However, as with frequency encoding, the
frequency components of the curve are identified by the
Fourier transform and the magnetization is ascribed to a
given location.

In summary, for a matrix of size Ny X Ny, the re-
quired number of iterations is Ny. The N, signals, each
corresponding to a different value of G,, are sampled N,
times during the read period. Subsequent two-dimensional
Fourier transformation yields the intensity values of each
of the Ny x N, pixels.

Image Formation Mathematics: k-Space

The key to image formation is encoding the location
of the magnetization in the phase of the MR signal. It is
worthwhile to look at this encoding process in more de-
tail. Consider the encoding of spatial information along

Figure 12. A series of steps illustrating the concept of frequency en-
coding to distinguish the signal coming from two point sources of
magnetization (c.g., small vials of water) in an object. Left. When
no gradient is applied, both sources of magnetization resonate at the
same frequency, and the signal is a simple decaying sinusoid. When
this signal is Fourier transformed, the signal is shown to contain only
one frequency. Right. When a gradient is applied, one of the sources
of magnetization precesses at a higher frequency than the other. The
resulting signal is an interference pattern of the two frequencies, which
is shown (by Fourier transformation) to contain two distinct frequen-
cies. Notice that the Fourier transformed signal is the projection of
the amount of magnetization along the axis along which the gradi-
ent was applied. That is, in this one-dimensional case, the frequency
content of the signal is the image.

one dimension within the plane after the slice has been
excited. A collection of spins along one dimension can
be thought of as a column of vectors, as shown in Fig-
ure 16. After the slice has been excited, all of the spins
within the slice are in phase. Once a magnetic field gradi-
ent is applied, the spins will precess at different frequencies
depending on their location. At any given moment, cer-
tain spins will have accumulated more phase than others.
These gradients can thus be thought of as “twisting” the
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Figure 13. At each rime increment when the signal is acquired in fre-
quency encoding, the gradient has been applied for a longer period of
time. This causes an increasingly greater variation in the phase in the
direction in which the gradient was applied.

initially aligned column of spins. This twisting of the mag-
netization vectors by the gradients can be expressed as a
rotation of the magnetization by an angle ¢, which de-
pends on the strength of the magnetic field experienced by
that particular location:

4
M = Mr(x, y)e ' = My(x, y) cxp'—f f ¥B d:'l‘ (11)
0

(For notational convenience, we observe the convention
e* = exp{x}.) At each point in time, the RF coil integrates
this magnetization over the entire volume; thus, the signal
at a given point in time can be expressed as

t
S(t) :fM-,-(x, y) exp[—if det"}dxdy. (12)
0

For imaging, linear gradient fields are applied and so
the magnetic field B experienced by the spins can be rewrit-
ten as

B = f G,\.dx+fGl‘.dy = Gyx + Gyy. (13)

Gk

Signal

WWW Signal \,“U“UnUﬂUﬂU
|

If it is assumed that the position of the magnetization with
respect to the coils does not change with time (i.e., the
patient does not move), then the signal can be written as

S(t):fM-;-{x, ) cxpl—i(x}/[ G‘\.dr’—&—y}ff Gydr’)]‘
0 0

(14)
If we make the substitutions

t t
k. yf G.dt' and k,= yf G, dt’, (15)
0 0

then (14) becomes
Sllns k) = [ Mi(x, ) explills + ko)) dsdy. (19

This signal is a Fourier transform of the magnetization,
by virtue of the gradients applied. A measure of the
magnetization, M(x, y), can be obtained by taking a two-
dimensional Fourier transform of the signal.

Figure 14. Diagrams showing the gradient amplitude, the phase of
two spins subjected to these gradients, and the profile of the resulting
signal. When an initial negative gradient is applied (right), the spins
are in phase in the center of the acquisition window. This leads to a

greater net signal.
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Figure 15. A complete pulse sequence diagram for the spin—echo se-
quence. Spatial locations of the spins are encoded into the signal by
applying three orthogonal gradients, techniques known as slice selec-
tion, frequency encoding, and phase encoding. In period 1, a 90° pulse
and a slice selection gradient excite one slice. In period 2, the initial
frequency encoding gradient and the phase encoding gradient are ap-
plied. In period 3, a 180° pulse is applied, along with a slice selection
pulse (such that only the spins in the same excited slice are “flipped”);
in period 4, the frequency encoding gradient is applied and the sig-
nal is acquired. The sequence shown here is repeated numerous times
(128, 256, 512, etc., depending on the desired resolution), each rime
with a different strength of the phase encoding gradient.

Because of the way the gradients are applied during the
imaging scan, it is natural to think of the MR signal as
being collected in spatial frequency space, or “k-space”
[3-5], as implied by the terms in equation (15). This repre-
sentation is often much more convenient in discussing the
details of pulse sequences. In this space, usually plotted
in two dimensions, each point describes the amount of a
particular spatial frequency present in the imaged object.

Figure 16. The application of a magnetic field gradient can be thought
of as twisting the initially aligned column of spins. These spins are
then summed at every point in time using the RF coil.
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The strongest signal of imaged objects is typically in
the center of k-space, where all gradient values are equal
to zero. The regions farther out in k-space correspond to
higher spatial frequencies, which are especially important
in discerning sharp differences in signal (e.g. ar edges).
Therefore, the highest spatial frequency sampled (or the
furthest sample from the center of k-space) determines the
resolution of the final image. The further out, the higher
the resolution. In contrast, the interval between the sam-
ples in k-space, or the resolution in k-space, determines
the field of view of the image — in other words, the largest
spatial extent that can be acquired. The smallest sample
interval corresponds to a large field of view. Care must
therefore be taken to acquire samples that are both (i) fine
enough to image the entire region of interest and (ii) far
enough out in k-space to obtain the desired resolution.

Sampling different points in k-space is accomplished
by applying magnetic field gradients, as demonstrated in
equation (15). The center of k-space corresponds to the
time immediately after excitation and immediately prior
to the application of magnetic field gradients. Application
of a magnetic field gradient causes the phases of the spins
to twist by an increasing amount that corresponds to the
amplitude and duration of the gradients, as implied by
equation (15). Collecting the signal at this time will cause
increasingly higher spatial frequencies to be sampled. In
other words, the gradients allow movement in k-space, as
shown in Figures 17 and 18.

The figures offer a brief example of how pulse se-
quences are commonly described in the context of k-space.

k]’
kX
> > 5 3 2
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Figure 17. A k-space diagram showing the path through k-space taken
to acquire the signal for the gradient-echo (GRE) sequence. For cach
excitation, the phase encoding gradient moves us a fixed distance in
the negative k, direction and the initial negative frequency encoding
gradient moves us in the negative ky direction. The signal is then
sampled moving in the positive ky direction as the frequency encod-
ing gradient is applied. The signal is then allowed to relax, and the
sequence is repeated with a different value for the phase encoding
gradient. In this manner, a sufficient range of k-space can be scanned.
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Figure 18. A k-space diagram for the spin—echo (SE) sequence. After
the spins are excited, gradients in the positive x and ¥ directions are
applied, moving us in the positive k. and positive k, direction. The
180° pulse flips us through the center of k-space to the negative k.,
negative ky direction, after which the positive frequency encoding gra-
dient moves us in the positive k, direction, allowing us to sample the
frequencies as before. This sequence of steps is repeated with different
values for the phase encoding gradient.

In the gradient—echo sequence described earlier, we started
at the origin of k-space after the excitation. The initial
negative x-gradient lobe moves us to the left (negative x
frequency) and the phase encoding gradient moves us a
specific amount in the y direction of k-space. The final
application of an x gradient moves us in the positive x
direction, during which time we acquire the signal. The
signal is then allowed to relax, and with the next excita-
tion, the value of the phase encoding gradient is changed,
allowing us to scan a different line in k-space (Figure 17).
For the spin—echo sequence, the initial positive x-gradient
lobe moves us in the positive x direction, and the ini-
tial phase encoding gradient moves us a specified amount
in the positive y direction. The application of a 180° RF
pulse flips us through the origin of k-space to the nega-
tive x, negative y direction, after which point the signal
acquisition occurs just as in the gradient—echo sequence
(see Figure 18). In this manner, a large range of spatial
frequency space is sampled.

Image Contrast

Although T1, T2, and proton density are intrinsic tis-
sue parameters over which the user has no control, the
operator can alter tissue contrast and the signal-to-noise
ratio (S/N) by the choice of the pulse sequence parame-
ters. Specifically, images can be obtained in which tissue
contrast is primarily determined by (i.e. weighted toward)
T1, T2, or proton density characteristics. With the spin—
echo imaging sequence, for example, the type of image
weighting is determined by the repetition time (TR) and
the echo time (TE). The effects of TR and TE on im-
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Image Intensity

Figure 19. Schematic depicting the effects of TR and TE on the weight-
ing of image intensity. The solid and dashed curves represent two
tissues with different T1 and T2 values. The choice of TR (position
of solid vertical line) dictates the degree of Ti weighting, while the
choice of TE (position of dashed vertical line) determines the amount
of T2 weighting.

age weighting are depicted schematically in Figure 19 for
the case of two tissues with different T1 and T2 relax-
ation times. The repetition time TR determines the extent
of T1 relaxation. The initial 90° RF pulse completely tips
the existing longitudinal magnetization into the transverse
plane, leaving zero longitudinal magnetization. If the spins
were again excited at this time, no signal would be pro-
duced. Therefore, a time interval (TR) is allowed to elapse
between excitations so that the spins can undergo T1 re-
laxation and recover at least part of their longitudinal
magnetization.

It is apparent from Figure 19 that the maximum TI
contrast between tissues occurs when TR is greater than
zero and less than some time when both tissues have com-
pletely recovered their longitudinal magnetization. A long
TR (i.e., > 5T1) allows enough time to elapse so that
almost complete T1 relaxation occurs, rendering signal in-
tensity not a function of T1. The maximum magnetization
to which the signal returns is determined by proton den-
sity. Likewise, the amount of T2 contrast is dictated by the
choice of TE. The longer the time interval TE, the greater
the extent of T2 relaxation. Therefore, spin—echo images
acquired with short TR (TR ~ T1) and short TE (TE <
T2) are Tl-weighted. With shorter TR values, tissues such
as fat (which have short T1 values) appear bright; tissues
that have longer T1 values, such as tumors and edema, take
more time to relax toward equilibrium and therefore ap-
pear dark. The short TE value diminishes the importance
of tissue T2 differences. Similarly, images acquired with
long TR (to diminish T1 differences) and long TE (TE ~
T2) are T2-weighted. Therefore, tissues with long T2 (tu-
mors, edema, and cysts) appear bright, whereas tissues
that have short T2 (e.g., muscle and liver) appear dark.
Images acquired with long TR (TR > 5T1) and short TE
(TE < T2) are called “proton density-weighted” images.
Tissues with increased proton density appear moderately
bright. It should be noted that both Ti- and T2-weighted
images are always partly weighted toward proton density
as well.
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Sequence Timing

Conventional spin—echo and gradient—echo sequences
are repeated at time intervals equal to TR, the repetition
time. The number of times the sequence is repeated (for
one average) is determined by the desired spatial resolution
(proportional to the number of voxels) along the phase
encoding direction and is equal to the number of phase
encoding steps (N). For NEX (number of excitations) av-
erages, the total time required to obtain an image slice is

TR x N, x NEX. (17)

Typical parameters for conventional spin—echo sequence
are a TR of 2 sec, 128 phase encoding steps, and two aver-
ages, giving a total acquisition time of 8.5 min.

To decrease imaging time, one or more of these param-
eters can be decreased. Decreasing the number of averages
by two will halve the imaging time, but with the addi-
tional effect of decreasing the S/N by /2 or 41%; this
will increase the graininess of the image. Motion artifacts
(which are also decreased by averaging) could become sig-
nificant if imaging time were reduced by decreasing the
number of averages. Reducing the image matrix size or the
number of phase encoding steps decreases imaging time
at the expense of spatial resolution. Moreover, the larger
pixels result in an increased S/N. The simplest way to
speed up an ordinary SE scan would be to drastically re-
duce TR. However, the signal produced depends on the
amount of T1 relaxation that occurs during the interval
TR and thus on the available signal for the next excitation.
A short TR relative to T1 would result in significant sig-
nal losses. Consequently, the T1 relaxation times of tissue
protons limit the degree to which the pulse repetition times
(TR) can be shortened. Two techniques that overcome TR
limitations include gradient—echo (GRE) and echo planar
imaging (EPI) techniques. These fast imaging sequences
are discussed in the following sections.

An alternate procedure to speed up acquisition of spin—
echo images has been developed in which several 180°
pulses follow each 90° RF excitation pulse, creating sev-
eral spin echoes with each echo differently phase encoded.
Consequently, if four spin echoes follow each 90° excita-
tion pulse, then the total acquisition time would be one
fourth of that with the conventional approach of acquiring
one phase encoding step per excitation pulse. This princi-
ple underlies the RARE (rapid acquisition with relaxation
enhancement) imaging technique [6]. Obviously, acquisi-
tion of signals at different effective echo times lends strong
T2 weighting to RARE images.

PULSE SEQUENCE AND CONTRAST TOPICS
Fast Gradient-Echo Imaging

In its most basic form, the GRE pulse sequence, as
shown in Figure 11(a), consists of one RF pulse with a flip
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angle a. followed at some time later by the acquisition of
the gradient echo. The time between the excitation and
the acquisition of the gradient echo is defined as the echo
time, TE:

« degrees -- TE -- gradient echo. (18)
Because GRE sequences lack a 180° refocusing pulse, im-
ages generated with these sequences are sensitive to artifacts
from magnetic field inhomogeneities (i.c., T2* effects).

Gradient echo sequences are typically used as fast se-
quences because data are acquired before the dephasing of
spins from previous application of the pulse sequences is
complete; that is, T2* decay is not complete. In most cases,
the TR is less than the time for more than 90% of the
spins to dephase (three times the T2 time). Consequently,
GRE sequences may be further divided into two categories
according to how they handle the residual magnetization
after data acquisition: those that attempt to maintain it in
a steady-state condition and those that simply eliminate it.
Those techniques that maintain it — refocused FLASH (fast
low-angle shot), FISP (fast imaging with steady-state pre-
cession), and GRASS (gradient-recalled acquisition steady
state) — rephase the spins along one or more axes prior to
reapplication of the next RF pulse.

Gradient echo sequences that eliminate the residual
transverse magnetization (e.g., spoiled FLASH or spoiled
GRASS sequences) typically use a “spoiler” pulse to ac-
celerate the dephasing (see Figure 20). Specifically, a
high-amplitude, long-duration gradient ruins (spoils) the
residual transverse magnetization by disturbing the local
magnetic field homogeneity. The best results occur when
the spoiler gradient is applied across the slice selection di-
rection. Other spoiling schemes include the use of random
RF pulse phases (RF spoiling) and variable TR. See [7] for
a more thorough review of these and other fast gradient
echo sequences.

Gradient-Echo Image Contrast

In SE imaging, tissue contrast may be manipulated by
changes in the TR and TE, as described previously. With
GRE sequences, the image contrast is varied by changing
TR, TE, and the flip angle @, depending on the pulse se-
quence [8]. The amount of T2 weighting is dicrated by the
TE, TR, and type of sequence. A short TE, long TR, and
transverse-spoiled sequence all serve to decrease the degree
of T2 weighting. For a given TE, low flip angles increase
proton density weighting whereas high flip angles increase
T1 weighting. At very short TRs, however, the images be-
come weighted toward T2/T1 — that is, structures with
larger T2/T1 ratios (e.g. liquids) appear bright. Yer, with
very fast GRE sequences (TR & 3 msec) and @ < 57, soft
tissue contrast almost disappears [9]. The signal becomes
dominated by spin density. However, if conventional MR
experiments are placed before the whole GRE imaging
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ically very much shorter (= 10 msec) than those
used in SE imaging (= 1 sec), GRE images can
be acquired in seconds rather than minutes. For
example, using an image matrix of 128 x 128,

RF

a TR of 10 msec, and two averages, our total
image acquisition time is 2.56 sec. Because the

I I short TRs preclude an interleaved multislice ac-

Gradient

Slice :
Selection I

Frequency

quisition (as discussed for SE imaging), there
simply is not enough time within TR for exci-
tation and detection in other slices. Therefore,

Encoding
Gradient

Phase

the total acquisition time for multislice imag-
ing is

(number of slices) x (number of views per slice)

Encoding
Gradient

x NEX x TR. (19)

Echo Planar Imaging Sequences

Acquisition

Signal :

Figure 20. A complete pulse sequence diagram for a gradient—echo se-
quence. Spatial locations of the spins are encoded into the signal by
applying three orthogonal gradients. The sequence shown here is re-
peated numerous times (128, 256, 512, etc., depending on the desired
resolution), each time with a different strength of the phase encod-
ing gradient. The gradient—echo sequence has an advantage over the
spin—echo sequence for fast imaging in that it does not use a 180° pulse
and does not rely on a 90° excitation pulse.

sequence, images of any desired contrast can be achieved
without changing the measuring time. The turbo-FLASH
imaging technique is one technique that implements this
idea.

The turbo-FLASH method employs an initial 180° RF
pulse to invert the spins. Next, an inversion delay (TI)
is allowed to elapse, during which differences in longitu-
dinal magnetization (T1 contrast) evolve depending on the
T1 relaxation times of various tissues. Finally a very rapid
gradient-echo acquisition using an ultrashort TR (e.g., 4
msec) and an ultrashort TE (e.g., 2 msec) is performed.
The total time for data acquisition (32 phase encoding
steps) is on the order of 100 msec. When using a contrast
agent, an appropriate TI value can be selected so that sig-
nal from the tissue that does not receive contrast agent is
eliminated; this enables wash-in of a contrast agent to be
easily visualized [10].

Gradient-Echo Timing

Like the spin—echo sequence, the GRE sequence is
repeated at time intervals equal to TR; the total time
required to obtain an image slice is TR x N, x NEX.
However, because the TRs used in GRE imaging are typ-

Echo planar imaging (EPI) is significantly dif-
ferent from standard two-dimensional Fourier
transform (2DFT) imaging methods. With 2DFT
methods, only one projection (or line in k-space)
is acquired with each TR interval, so image ac-
quisition time is relatively lengthy. In contrast,
the EPI method acquires k-space lines needed to
create an image after a single RF excitation (hence, one
“plane” is acquired with one RF excitation and subsequent
“echo”). First, as in a 2DFT SE sequence, a spin echo
is produced by application of a 90° and a 180° RF pulse,
with the echo peaking at the echo time (TE). However,
rather than apply a single phase encoding gradient and
a constant frequency encoding gradient, we rapidly oscil-
late the frequency encoding gradient during the build-up
and decay of the spin echo. A series of gradient echoes is
thereby produced, each one of which is separately phase
encoded by application of a brief phase encoding gradient
pulse. Because all of the data are acquired after a single
RF pulse, the images are free from T1 weighting and can
be strongly T2 weighted, with the degree of T2 weighting
dependent on the value of TE.

In addition to spin—echo EPI images, it is possible to
obtain gradient-echo EPI images. The acquisition method
is similar to that for spin—echo EPI, except that the series
of separately phase encoded gradient echos is acquired un-
der the envelope of a gradient—echo signal produced by a
single RF pulse. The measuring time of EPI methods lies
in the range of 32-128 msec. Echo planar imaging requires
special hardware to allow for rapid gradient switching,
whereas gradient—echo techniques can be readily imple-
mented on standard imaging systems.

Functional MRI

The use of fMRI has grown explosively since its incep-
tion [11-15]. Among the reasons for this explosive growth
are the noninvasiveness of fMRI, the wide availability of
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MR scanners capable of fMRI, and the relative robustness
and reproducibility of fMRI results. With these reasons
for using FMRI came a proportional need for caution. The
technology can be easily misused and results can be over-
interpreted. A solid understanding of the basics of fMRI is
necessary. In this section, we clarify these basic concepts,
discuss several practical issues related to fMRI’s use, and
suggest potential innovations.

MAGNETIC SUSCEPTIBILITY CONTRAST

Magnetic resonance imaging emerged in the 1970s and
1980s as a method by which high-resolution anatomical
images of the human brain and other organs could be
obtained noninvasively [1; 16-19]. The first types of im-
age contrast used in MRI were proton density spin—lattice
relaxation (T1) and spin—spin relaxation (T2) contrast
[20-24]. The many degrees of freedom in MR parame-
ter space has allowed MR contrast types to expand from
physical to physiological [25]. The types of intrinsic MRI
physiological contrast that have been discovered and de-
veloped include blood flow [25-28], diffusion [25; 29-33],
perfusion [25; 31-40], and magnetization transfer [25; 41;
42]. Chemical shift imaging has been able to provide in-
formation about relative concentrations and distributions
of several chemical species [25; 43; 44].

The effects of endogenous and exogenous paramag-
netic materials and, more generally, of materials having
different susceptibilities have also been characterized. An
understanding of susceptibility contrast is an essential pre-
requisite to the exploration of fMRI contrast mechanisms.

Magnetic susceptibility, x, is the proportionality con-
stant between the strength of the applied magnetic field
and the resultant magnetization established within the ma-
terial [45]. In most biological materials, the paired electron
spins interact weakly with the externally applied magnetic
field, resulting in a small induced magnetization — ori-
ented opposite to the applied magnetic field — that causes
a reduction of field strength inside the material. These
materials are diamagnetic and have a negative magnetic
susceptibility.

In materials with unpaired spins, the electron magnetic
dipoles tend to align parallel to the applied field. If the
unpaired spins are in sufficient concentration, this effect
will dominate, causing the induced magnetization to be
aligned parallel with the applied field and thus an increase
in magnetic field strength inside the material. These mate-
rials are paramagnetic. Figure 21 illustrates magnetic field
flux through diamagnetic and paramagnetic materials.

As mentioned earlier in this chapter, the Larmor rela-
tionship entails that spins will precess at a faster frequency
when experiencing a higher magnetic field. In the pres-
ence of a magnetic field perturber with susceptibility that
differs from surrounding tissue, spins will precess at dif-
ferent frequencies depending on their location relative to
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Figure 21. Ilustration of the magnetic field flux through (A) diamag-
netic and (B) paramagnetic materials. Within diamagnetic materials,
the net flux is less; within paramagnetic materials, the net flux is
greater. Magnetic field distortions created around the material are
proportional to the object geometry and the difference in susceptibility
between the object and its surroundings.

the perturber. In this case, the spins will rapidly become
out of phase and the MRI signal will therefore be de-
creased. When the susceptibility differences between the
perturber and its surroundings are large, the field distor-
tions are large. Conversely, field distortions decrease when
the susceptibility of the perturber becomes more similar to
its surroundings; this causes more protons to have simi-
lar precession frequencies, allowing them to stay in phase
longer. Increased phase coherence increases the MRI signal
by decreasing the T2* and T2 decay rate. As an example,
Figure 22 shows two plots of MRI signal intensity based
on the simplified gradient—echo signal intensity relation-
ship S(TE) = Spe™"E/T%, where S(TE) is the signal as a
function of echo time. The signal is usually described as
decaying in an exponential manner; T2* is the signal de-
cay rate. In Figure 22, the T2* values used are 48 msec
and 50 msec, and R2* = 1/T2* (the relaxation rate).

If the signal decay over time is described as an exponen-
tial, then the natural log (Ln) of that signal will produce
a straight line when plotted against time. This makes the
slope more readily measurable. The slope of such a curve is
simply the value 1/T2* (i.e., the relaxation rate R2%). Given

Ln(S) = TE/T2%, (20)

Ln(S)/TE = 1/T2* = R2%, (21)

it follows that R2* may be obtained from the slope of
Ln(S) versus TE, as shown in Figure 23.

If we assume that signal changes are affected by changes
only in R2*, then the change in relaxation rate (AR2Y)
may be estimated by measuring S, (signal during rest) and
S, (signal during activation), using only one TE value and
the expression
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Figure 22. Plot of signal versus TE. The two curves represent typical
values of R2* in the brain. The difference in relaxation rates repre-
sent typical differences berween resting (20.8 sec™") and activated (20.0
sec™!) R2* in the brain (—0.8 sec™). These signals are referred to as
S, (resting signal) and S, (active signal) in the text (in general, the MR
signal is denoted §).

—Ln(S;/S,)
—— = AR2%, (22)
(IEE.
The expression relating percent change to AR2* is
percent signal change = 100(e”2R*"(TE) _ 1), (23)

Figure 24 is a plot of the percent signal change versus TE
between the synthesized resting and activated curves. An
approximately linear fractional signal increase with TE is
apparent. As TE is increased, the fractional signal change
increases. However, as we will show, the contrast (what
really matters in an fMRI experiment) has a peak at one
specific TE value.

If AR2* is small relative to R2¥, then the signal differ-
ence between the two curves will be maximized at TE &
T2* (typically shorter and measured by gradient—echo pulse
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Figure 23. Ln(S) versus TE. Transverse relaxation rates (R2 and R2%)
are measured by applying a linear fit to curves such as these. Here,
activation-induced changes in Sy are considered zero and single expo-
nential decays are assumed.
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Figure 24. Percent change versus TE from the synthesized data set (see
text). Given a AR2* value typically obtained, a linear dependence of
percent change on TE is observed in the TE range typically used.

sequences) or T2 (typically longer and measured by spin-
echo pulse sequences), as demonstrated in what follows.
The contrast between the two signal intensities (S, and S,)
with a difference in relaxation rate of AR2* can be ap-
proximated by

S:— S8, = exp{—TE(AR2* 4+ R2})} —exp{—TE(R2})}, (24)

where R2% is the relaxation rate associated with a mea-
sured S, at a given TE value. The TE value at which
equation (24) is maximized is given by

__ Ln((AR2* + R2})/R2%)

= 25
s AR2* &)

In the limit as AR2* approaches 0, the TE value at which
contrast is maximized approaches 1/R2} or T2%. A graphi-
cal demonstration of this contrast maximization is shown
in Figure 25. Even though the percent change increases, as
shown in Figure 24, the contrast or signal difference does
not increase monotonically with TE.
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Figure 25. Plot of AS versus TE from the same synthesized data sets
shown in the previous figures. A maximum is reached at TE = T}
(approximately 48 msec).
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Bulk susceptibility changes (either endogenous or exoge-
nous) lead to MRI signal changes primarily in the manner
just described. A more detailed description of the precise
effects of susceptibility perturbers will be provided later.

Endogenous Susceptibility Contrast

One of the three fMRI contrast mechanisms described
in this section (blood oxygenation level-dependent con-
trast, BOLD) is based on the understanding that blood
has oxygenation-sensitive paramagnetic characteristics [45—
48]. Hemoglobin is the primary carrier of oxygen in the
blood. Hemoglobin that is not bound to oxygen, called
deoxyhemoglobin (deoxy-Hb), contains paramagnetic iron;
hemoglobin that is carrying oxygen, called oxyhemoglobin
(oxy-Hb), contains diamagnetic oxygen-bound iron [45—
48], The modulation in the magnetic susceptibility of
blood by changes in oxygenation is the basis of BOLD
contrast. Using MR susceptometry [49], the susceptibility
of completely oxygenated red blood cells was measured to
be —0.26 & 0.07 x 10~¢ (cgs units). With this technique,
blood susceptibility was also shown to be linearly propor-
tional to blood oxygenation (it decreases linearly as oxy-
genation increases). The susceptibility of completely de-
oxygenated red blood cells is 0.157 = 0.07 x 107%, so the
susceptibility difference between completely oxygenated
and completely deoxygenated red blood cells is therefore
0.18 x 10°°. The profound effects of blood oxygenation
changes on MR signal intensity have been demonstrated
since 1979 [47-58].

Exogenous Susceptibility Contrast

Exogenous paramagnetic substances, which include both
Gd(DTPA) and Dy(DTPA), can give useful information re-
garding several aspects of organ function [59]. When
injected into the brain, these intravascular agents can give
information on blood volume and vascular patency [49;
58-65]. The effects of these agents on tissue T1, T2%,
and T2 are highly dependent on chemical environment and
compartmentalization, as has been observed [49; 58-65]
and modeled [59; 61-64; 66-79].

One mechanism of action for these compounds is dipo-
lar interaction, which has an effect on intrinsic T1 and
T2 relaxation times [59; 61]. This effect relies on the
direct interaction of water with unpaired spins. Homoge-
neous distributions of solutions containing paramagnetic
jons display relaxivity changes that can be predicted by the
classical Solomon-Bloembergen equations [61], but in the
healthy brain these injected agents remain compartmental-
ized within the intravascular space, which contains only
about 5% of total brain water. The extent of agent—proton
interaction is reduced by the limited rate at which diffus-
ing or exchanging protons in the other 95% of brain water
pass through the intravascular space, which is also less
accessible owing to the blood-brain barrier. These com-
bined effects greatly limit the agent-induced TI1 effects,
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which rely on direct interaction of protons with the para-
magnetic agents. In this case, T2* and T2 shortening
effects — caused by contrast agent-induced bulk suscepti-
bility differences between intravascular and extravascular
space [61-64; 66-75] — dominate over classical dipolar re-
laxation effects.

HEMODYNAMIC CONTRAST

Many types of physiological information can be mapped
using fMRI, including baseline cerebral blood volume [25;
62], changes in blood volume [11], baseline and changes in
cerebral perfusion [35; 38; 80-84], and changes in blood
oxygenation [12; 13; 15; 85-88]. Recently, quantitative mea-
sures of CMR (cerebral metabolic rate) Oy changes with
activation have been derived from fMRI data [89-91].

Blood Volume

A technique developed by Belliveau and Rosen et al.
[62; 64; 92] utilizes the susceptibility contrast produced by
intravascular paramagnetic contrast agents and the high-
speed capabilities of echo planar imaging (EPI) to creare
maps of human cerebral blood volume (CBV). A bolus of
paramagnetic contrast agent is injected (the technique is
slightly invasive), and T2- or T2*-weighted images are ob-
tained at the rate of about one image per second using
echo planar imaging [39; 93-95]. As the contrast agent
passes through the microvasculature, magnetic field dis-
tortions are produced. These gradients (which last the
amount of time that it takes for the bolus to pass through
the cerebral vasculature) cause intravoxel dephasing, result-
ing in a signal attenuation that is linearly proportional to
the concentration of contrast agent [62; 64; 76], which, in
turn, is a function of blood volume.

Changes in blood volume that occur during hemody-
namic stress or during brain activation can then be visu-
alized by “subtracting” the maps imaged during a resting
state from one imaged during hemodynamic stress or neu-
ronal activation [11]. The use of this method marked the
first time that hemodynamic changes accompanying hu-
man brain activation were mapped with MRIL

Blood Perfusion

An array of techniques now exist for mapping cerebral
blood perfusion in humans. The MRI techniques are sim-
ilar to those applied in other modalities such as positron
emission tomography (PET) and single photon emission
computed tomography (SPECT) in that they all involve
arterial spin labeling. The MRI-based techniques hold
considerable promise of high spatial resolution without the
requirement of contrast agent injections. They use the
fundamental idea of magnetically tagging arterial blood
outside the imaging plane and then allowing flow of the
tagged blood into the imaging plane. The RF tagging pulse
is usually a 180° pulse that “inverts” the magnetization.
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Figure 26. (A) Schematic illustration of EPISTAR (echo planar imag-
ing with signal targeting and alternating RF). First, the imaging slice
is presaturated with a saturation pulse (1). Second, protons above the
imaging plane and below the imaging plane are alternately inverted or
tagged (2x and 2y). Third, the image is collected after a delay time,
TI, to allow the ragged protons to perfuse into the imaging plane (3).
Alternate images collected in the sequential time series correspond to
cither the tag below (2x) or above (2y) the plane. (B) Schematic illus-
tration of FAIR (How-sensitive alternating inversion recovery). First,
protons cither within the plane or everywhere are alternately inverted
or tagged (Ix and ly). Second, the image is collected after a delay
time, T1, to allow the tagged protons (1x) to perfuse into the imaging
plane. Alternate images collected in the sequential time series corre-
spond to either the tag everywhere (1x) or only within (ly) the imaging
plane. (C) Method by which the time series of perfusion images is
created from the pulse sequences shown in (A) and (B). The alternate
images, x and y, are collected in time, These images, with different
tags applied, are different only in the degree to which flowing spins
contribute to the signal. Therefore, a perfusion signal-only time series
of images is created by pairwise subtraction of the images.

Generally, these techniques can be subdivided into
(i) those that use continuous arterial spin labeling, which
involves continuously inverting blood flowing into the slice
[80] and (ii) those that use pulsed arterial spin labeling, pe-
riodically inverting a block of arterial blood and measuring
the arrival of that blood into the imaging slice. Examples
of these techniques include:

I. echo planar imaging with signal targeting and alternat-
ing RF (EPISTAR), schematically illustrated in Figure
26(A), which involves alternately inverting slabs of mag-
netization above and below the imaging slice [38; 39];
and

2. Hlow-sensitive alternating inversion recovery (FAIR),
schematically illustrated in Figure 26(B), which involves

the alternation between slice-selective and non-slice-
selective inversion.
The latter was introduced by Kwong et al. [81; 96; 97] and
referred to as FAIR by Kim et al. [84]. More recently, a
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Figure 27. Comparison of EPISTAR and FAIR at corresponding TI
values. As TI is lengthened, tagged blood distributes from large ar-
teries into smaller vessels and capillary beds. In the capillaries, the
tagged blood water exchanges almost completely with rtissue water,
Short TIs highlighe rapidly flowing blood; long Tls highlight capillary
bed perfusion.

pulsed arterial spin labeling technique known as QUIPSS
(quantitative imaging of perfusion using a single subtrac-
tion) was introduced [83; 98]. In the case of the pulsed
techniques, pairwise subtraction of sequential images — il-
lustrated in Figure 26(C) with and without application of
the RF tag outside the plane — gives a perfusion-related
signal,

Varying the delay time between the inversion or tag
outside the imaging plane and the acquisition of the im-
age yields perfusion maps that highlight blood at different
stages of its delivery into the imaging slice. Because there
is necessarily a gap between the proximal tagging region
and the imaging slice, there is a delay in the time for
tagged blood to reach the arterial tree. This delay time can
be highly variable, ranging from about 200 msec to about
1 sec for a gap of 1 cm. At 400 msec, typically only blood
in larger arteries has reached the slice and so the pulsed
arterial spin labeling signal is dominated by focal signals
in these vessels; whereas at 1,000 msec, tagged blood has
typically begun to distribute into the capillary beds of the
tissue in the slice. Images acquired at late inversion times
can be considered qualitative maps of perfusion. Figure 27
shows perfusion maps created at different TI times us-
ing both the FAIR and the EPISTAR technique. As TI
is lengthened, tagged blood distributes from large arteries
into smaller vessels and capillary beds. In the capillaries,
the tagged blood water exchanges almost completely with
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tissue water. To quantify perfusion using these techniques,
it is necessary to more carefully model the phenomena and
relevant variables [84; 97; 99; 100]. For quantification, a
minimum of two subtractions at different TIs is required
in order to calculate the rate of entry (perfusion) of tagged
blood into the slice [100].

For the mapping of human brain activation (i.e., to
observe only activation-induced changes in blood perfu-
sion), a more commonly used flow-sensitive method is
performed by applying the inversion pulse always in the
same plane. In this case, the intensity of all images ob-
tained will be weighted by modulation of longitudinal
magnetization by flowing blood and also by other MR pa-
rameters that normally contribute to image intensity and
contrast (proton density, T1, T2). Therefore, this tech-
nique allows only for observation of changes in flow that
occur over time with brain activation. This technique
was first implemented by Kwong et al. [13] to observe
activation-induced flow changes in the human brain. In
this seminal paper, activation-induced signal changes asso-
ciated with local changes in blood oxygenation were also
observed.

Blood Oxygenation

In 1990, work of Ogawa et al. [85; 101; 102] and Turner
et al. [86] demonstrated that MR signals in the vicinity of
vessels and in perfused brain tissue decreased with a de-
crease in blood oxygenation. This type of physiological
contrast was coined “blood oxygenation level dependent”
(BOLD) contrast by Ogawa et al. [85].

The use of BOLD contrast for the observation of brain
activation was first demonstrated in August 1991 at the 10ch
Annual Society of Magnetic Resonance in Medicine meet-
ing [103]. The first papers demonstrating the technique,
published in July 1992, reported human brain activation
in the primary visual cortex [13; 14] and motor cortex
[12; 13]. Two [12; 13] of the first three reports of this
technique involved the use of single-shot EPI at 1.5 Tesla.
The other [14] involved multishot FLASH imaging at 4
Tesla. Generally, a small local signal increase in activated
cortical regions was observed using gradient—echo pulse se-
quences — which are maximally sensitive to changes in the
homogeneity of the main magnetic field.

The working model constructed to explain these obser-
vations with susceptibility contrast imaging is that an in-
crease in neuronal activity causes local vasodilation, which
in turn causes an increase in blood flow. This results
in an excess of oxygenated hemoglobin beyond the meta-
bolic need, thus reducing the proportion of paramagnetic
deoxyhemoglobin in the vasculature. This hemodynamic
phenomenon was previously suggested by non-MRI tech-
niques [104-106]. A reduction in deoxyhemoglobin in the
vasculature causes a reduction in magnetic susceptibility
differences in the vicinity of veinuoles, veins, and red blood
cells within veins, thereby causing an increase in spin
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coherence (increase in T2 and T2%) and thus an increase
in signal for T2*- and T2-weighted sequences.

Presently, the most widely used fMRI technique for the
noninvasive mapping of human brain activity is gradient—
echo imaging using BOLD contrast. There are several rea-
sons for this. (a) Gradient—echo T2*-sensitive techniques
have demonstrated higher activation-induced signal change
contrast (by a factor of 2 to 4) than T2-weighted, flow-
sensitive, or blood volume—sensitive techniques. (b) The
BOLD contrast can be obtained using more widely avail-
able high-speed multishot non-EP1 techniques. (c) The T2*-
weighted techniques are sensitive to blood oxygenation
changes in vascular structures, including large vessels that
may be spatially removed from the focus of activation. For
most applications, techniques that are more sensitive to
microvascular structures entail a too severely compromised
ratio of functional contrast to noise. This last issue will
be further discussed shortly.

Figure 28 gives a summary of the cascade of hemody-
namic events that occur on brain activation and of their
effects on the appropriately weighted MRI signal.

ISSUES IN fMRI

Although rapid progress continues, many issues in fMRI
remain incompletely understood. Here we provide a de-
scription of the current state of understanding regarding
some general fMRI issues, grouped under headings of
interpretability, temporal resolution, spatial resolution, dy-
namic range, and sensitivity.

Interpretability

The question of interpretability regards the concern of
exactly what the relationship is between the fMRI signal
and underlying neuronal activation. Two “filters” separate
direct observation of neuronal processes using fMRI. The
first is the relationship between neuronal activation and
hemodynamic changes, and the second is the relationship
between hemodynamic changes and MR signal changes.

In the past five years, considerable progress has been
made in the characterization of the second relationship:
that between activation-induced hemodynamic changes and
the fMRI signal changes. Here we discuss the issue of MRI-
achievable hemodynamic specificity, as well as the dynamic
range and the upper limits of temporal and spatial resolu-
tion of FMRIL

A high priority in fMRI is to correlate accurately the
activation-induced MR signal changes with underlying neu-
ronal processes. It is generally accepted that perfusion and
oxygenation changes in capillaries are closer in both space
and time to neuronal activation than changes arising in ar-
teries or veins. As mentioned, different pulse sequences can
be made sensitive to specific populations of vessel sizes,
blood flow velocities, and contrast mechanisms.



996

BANDETTINI, BIRN, & DONAHUE

L Sensory, Motor, or Cognitive Task ]

}

Localized Increase in
Neuronal Activity

‘_________________._....-[ Increased Metabolic Ratej
LLocal Vasodilaﬁoﬂ

22

Increased Blood Flow
Fick Principle:
(Flow increase >> oxygen extraction rate increase)

}

Increased Blood Volume Increase in apparent T1 rate (1/71)
(small compared to blood flow) (model of Detre et al.)

}

Localized increase in signal using
T1 - weighted sequences

Decrease in arterial - venous oxygenation difference
(overall decrease in deoxy-Hb concentration)

L deoxy-Hb is paramagnetic
l oxy-Hb is diamagnetic

(decreased R2* and R2)

i

Localized increase in signal using
T2" or T2 - weighted sequences

[ Increased spin coherence]

Figure 28. Flow chart summarizing the cascade of hemodynamic events that occur with brain activation and their corresponding effects on the

appropriately sensitized MR1 signal.

The fMRI pulse sequence that gives the highest func-
tional contrast-to-noise ratio is a T2*-weighted gradient—
echo sequence, which is likely to have contrast weighting
that includes large draining vein effects and, in the case
of short-TR-high flip-angle sequences (short TR values
are required for non-EPI fMR] sequences), large vessel
arterial inflow effects. Sequences that may be able to
more selectively observe capillary oxygenation (spin—echo
with velocity nulling) or perfusion (arterial spin label-
ing with velocity nulling) effects are less robust. They
have a lower functional contrast-to-noise ratio, are gen-
erally less time-efficient, and may not allow extensive

multislice imaging. The tremendous need for high fMRI
contrast-to-noise ratio, high image acquisition speed, and
flexibility (e.g., multislice imaging) has to date outweighed
the need, in most cases, for selective observation of cap-
illary effects. Enhancements in fMRI sensitivity may al-
low these hemodynamically selective pulse sequences to
be more commonly used. The strategies for achieving
hemodynamic specificity include not only pulse sequence
modifications but also simple vein and artery identifica-
tion strategies or even activation strategies that remove
draining vein effects. For a review of these sequences,
see [107].
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Temporal Resolution

The temporal resolution of fMRI has been variably de-
fined in the literature. These definitions include the image
acquisition rate, the time it takes for the activation-induced
response to rise or fall a given amount (otherwise known
as the time constant of the measured changes), the maxi-
mum rate at which activation can be turned on and off and
still generate a detectable response, the smallest detectable
activation duration, the smallest detectable difference in la-
tency (between two identical activations that have different
onset times) in an individual voxel or region of interest
(ROI), and the smallest detectable difference in latency
across separate voxels or ROIs. These aspects of fMRI
temporal resolution will be discussed next.

Image Acquisition Rate. The rate at which images are
acquired is determined by the pulse sequence used. Multi-
shot functional imaging techniques do not generally require
specialized gradient hardware, but they usually require at
least 3 sec for image acquisition [14; 108-111]. A faster
technique, single-shot echo planar imaging [94; 95; 112],
generally requires specialized gradients or gradient switch-
ing hardware. The readout window width of an echo
planar image is about 20-40 msec. Hybrid techniques,
such as multishot EPI [113; 114], provide a good compro-
mise in spatial resolution and time but suffer from the
shot-to-shot instability characteristic of all multishot tech-
niques. These instabilities, caused primarily by respiration
and cardiac cycle effects, are reduced by spiral scanning
strategies [110; 111], retrospective k-space realignment tech-
niques [115], and navigator pulses [116].

In the context of fMRI, a TE in the range of 30-60
msec is optimal (& T2* of gray matter from 4 Tesla to
1.5 Tesla, respectively); the minimum time between succes-
sive image acquisitions (TR) is typically about 100 msec.
With the use of partial k-space acquisition techniques and
a shorter (and hence nonoptimal) TE, image acquisition
rates as high as 60 images per second have been reported
[117]. Issues regarding the trade-offs between image acqui-
sition rate and functional contrast have not yet been fully
resolved. From a practical standpoint, collection of a mul-
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Figure 29. (a) Typical BOLD response from an ROl in motor cortex
during repeated cycles (20 sec on, 20 sec off) of finger tapping. The
time series of echo planar images of the motor cortex were obtained
using EPI at 1.5 Tesla (TR = 2 sec, TE = 40 msec). {b) Average of the
twelve on—off cycles shown in (a).

tislice whole-brain volumetric EPI data set requires a TR
of about 2 sec. The limitations of a long TR can be over-
come in the context of cyclic on—off activation time series.
Finer temporal sampling of the cyclic on—off activation cy-
cle is achievable using a TR that is not an even multiple of
the cycle time [118].

Basic Dynamic Characteristics of the BOLD Signal. Fig-
ure 29 shows a typical BOLD contrast response from an
ROI in motor cortex during repeated cycles of finger rap-
ping (20 seconds on, 20 seconds off). Figure 29(b) is the
average of the twelve on—off cycles shown in Figure 29(a).
Several aspects of the BOLD contrast are illustrated here.
First, the signal is generally stable over time, although
Frahm and colleagues observed a small downward drift
of the baseline and the activation-induced signal change
magnitude within the first minutes of either continuous or
cyclic on—off visual stimulation [119; 120].

With activation, the time for the BOLD response to first
significant increase from baseline is approximately 2 sec
[13; 120; 121]. The time to plateau in the “on” state is
approximately 6-9 sec [121]. With cessation of activation,
the time to return to baseline is longer than the rise time
by about one or two seconds [122]. As mentioned, several
groups have reported a “pre-undershoot” or initial dip dur-
ing the first 500 msec [123] to 2 sec of the signal [124; 125].
More commonly observed is a post-undershoot, which is
observed more in the visual than motor cortex and has
an amplitude that is dependent on stimulus duration [126].
On cessation of activation, the post-undershoot signal can
take up to a minute to return to baseline [120; 127].

The hemodynamic response can be thought of as a
low-pass filter [128]. A straightforward method of deter-
mining the filter characteristics is to modulate the input
and observe the output. Figure 30 demonstrates the ef-
fect of modulating the on—off motor cortex activation rate
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Figure 30, (a) Signal from an ROI in motor cortex obtained during cyclic on—off finger movement. As the on—off frequency is increased from
& ) ] 3
0.021 Hz to 0.5 Hz, the activation-induced amplitude becomes decreased and the signal becomes saturated in the “on” state. (b) Summary

of the dependence of the relative amplitudes of the activation-induced

amplitude is reduced ar on—off rates above 0.06 Hz.

from 24 sec on and 24 sec off to 1 sec on and 1 sec off. Be-
cause the time to reach a baseline after cessation of activity
is slightly longer than the time to plateau in an “on” state,
the signal becomes saturated in that state with the faster
on—off frequencies. The relative activation-induced signal

signal on switching frequency shown in (a). The relative signal change

amplitude in the motor cortex does not show a significant
decrease until the switching frequency is higher than 0.06
Hz (8 sec on and 8 sec off), and it does nor follow the ac-
tivation timing above 0.13 Hz. Other work has shown that,
with sufficient averaging, a constant on—off rate of 2 sec
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on and 2 sec off can induce a measurable hemodynamic
response [129; 130]. Also, the time to reach the saturated
“on” state decreases as the on—off rate increases.

The Hemodynamic Response to Transient Activation. Lin-
ear deconvolution of a neuronal input function from the
measured hemodynamic response gives a hemodynamic
“impulse response” that resembles the type of response
that is induced by a brief stimulus — modeled as a Poisson
function [128] and a Gamma function [131], among others.
The implicit assumption in this analysis is that the hemo-
dynamic response is linear and that the neuronal input is
a binary “boxcar” function. Issues related to the linear-
ity of the hemodynamic response become important when
considering experimental design and signal interpretability
issues (discussed later in this chapter). Regardless, a brief
“impulse” of activation elicits a response that quite closely
resembles the shape of a deconvolved neuronal “impulse
response.” The first event-related fMRI experiments were
performed using primary visual and motor activation [122;
132-135], demonstrating the critical fact that a single tran-
sient activation (2 sec or less) can induce a measurable
hemodynamic response. The general response was shown
to peak at about 4-6 sec following activation and then re-
turn to baseline at abourt 10 sec after activation. Details
of this transient activation-induced hemodynamic response
are discussed next.

The Minimum Detectable Stimulus Duration. One of the
first questions asked after fMRI was discovered was, “How
brief of a stimulus can one give and stll elicit a mea-
surable response?” First, Blamire et al. [132] reduced a
visual stimulus duration to 2 sec, successfully showing a
response. Then, Bandettini et al. [122; 133] demonstrated
a response to 500-msec—duration finger tapping. Figure 31
shows these early results obtained from a region in mo-
tor cortex. The time series consist of two finger-tapping
durations of 5 sec, 3 sec, 2 sec, 1 sec, and 500 msec.
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Figure 31. Signal from an ROI in motor cortex across five separate
runs during which the subject was cued to perform finger tapping for
0.5, 1, 2, 3, and 5 sec twice during the time series. The time between
the two finger tapping periods was 20 sec (TR = 1 sec).
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The responses are clearly delineated from each other based
on the finger-tapping duration. The amplitude and time
to peak systematically shift with stimulus duration. Also,
even after waiting 20 sec between stimuli, the baseline has
shifted to a lower level owing to the time it takes for the
post-undershoot to dissipate.

Savoy et al. [134; 135] reduced the stimulus duration fur-
ther, performing a study in which the fMRI response to
stimulus durations of 1,000 msec, 100 msec, and 34 msec
were compared. A measurable response was obtained us-
ing all stimulus durations. The responses to the 100-msec
and 34-msec stimuli were considerably smaller than the re-
sponse to the 1,000-msec stimulus, and the former were
similar in shape and amplitude to each other. These re-
sults suggest that the minimum stimulus duration has not
yet been determined but that, below a specific stimulus
duration, the hemodynamic response remains constant.

A Paradigm Shift in Experimental Design: Event-Related
fMRI. A critical question in event-related fMRI was whether
a transient cognitive activation could elicit a significant and
usable fMRI signal change. In 1996, Buckner and colleagues
[136] demonstrated that, in fact, event-related fMRI lent
itself quite well to cognitive activation questions. In their
study, a word-stem completion task was performed using
a “block design” strategy and an event-related strategy.
Robust activation in the regions involved with word gener-
ation were observed in both cases.

Given the substantial amount of recent publications that
describe event-related fMRI [123; 129; 130; 137-154], it can
probably be said that this is one of the more exciting
developments in fMRI since its discovery. Several papers
describing event-related signal change characteristics and
analysis techniques have recently been published [95; 141;
142; 150; 151; 155; 156].

The advantages of event-related activation strategies are
many [152]. These include the ability to more completely
randomize task types in a time series, the ability to se-
lectively analyze fMRI response data based on measured
behavioral responses to individual trials, and the option of
incorporating overt responses into a time series. Separation
of motion artifact from BOLD changes is possible by the
use of the temporal response differences between motion
effects and the BOLD contrast-based changes [137; 157].

Experimental Design Issues in Event-Related fMRI. Ex-
perimental design and interpretation issues depend on
whether the activation-induced hemodynamic response be-
haves like a linear system. The evidence is somewhat
conflicting. Boynton et al. [150] demonstrated that, under
most circumstances, the hemodynamic response behaves in
a linear manner. Nevertheless, they also observed that the
amplitude of the response to brief stimuli is larger than
a linear system would predict. This observation was sup-
ported by Bandettini er al. [129; 130].
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Reasons for nonlinearities in the event-related response
can be neuronal, hemodynamic, or metabolic in nature.
The neuronal input may not be a simple boxcar func-
tion. Instead, an increased neuronal firing rate at the
onset of stimulation (neuronal “bursting”) may cause a
slightly larger amount of vasodilation that later plateaus at
a lower steady-state level. The amount of neuronal burst-
ing necessary to significantly change the hemodynamic
response, assuming a linear neuronal-hemodynamic coup-
ling, is quite large. For example, to account for the almost
double functional contrast for the experimental relative to
the linear convolution-derived single-event responses, the
integrated neuronal response over 2 sec must double. As-
suming that neuronal firing is at a higher rate for only
about the first 50 msec of brain activation, the neuronal
firing rate must be 40 times greater than steady state for
this duration.

As is well known, BOLD contrast is highly sensitive
to the interplay of blood flow, blood volume, and oxida-
tive metabolic rate. If, with activation, any one of these
variables changes with a different time constant, then the
fMRI signal can show fluctuations until a steady state is
reached [119; 158; 159]. For instance, an activation-induced
increase in blood volume would slightly reduce the fMRI
signal, since more deoxyhemoglobin would be present in
the voxel. If the time constant for blood volume changes
were slightly longer than that of flow changes, then the
activation-induced fMRI signal would first increase and
then be reduced as blood volume later increased. The
same could apply if the time constant of oxidative meta-
bolic rate were slightly slower than that of flow and volume
changes. Evidence for increased oxidative metabolic rate
after 2 min of activation is given by Frahm et al. [119], but
no evidence suggests that the time constant of the increase
in oxidative metabolic rate is only seconds longer than
the flow increase time constant — as would be required
for it to be applicable only to relatively high-amplitude
single-event responses. These hemodynamics, which may
also differ on a voxelwise basis, have yet to be character-
ized fully.

From this information it is clear that, when using a con-
stant interstimulus interval (ISI), the optimal ISI is about
10-12 sec and the response is somewhat nonlinear. Non-
linearities have also been demonstrated by other studies
[140; 156]. Dale and Buckner [151] have nevertheless shown
that responses to visual stimuli, presented as rapidly as
once every 1 sec, can be adequately separated using overlap
correction or deconvolution methods. These methods are
possible if the ISI is varied during the time series. Burock
et al. [139] demonstrated that remarkably clean activation
maps can be created using an average ISI of 500 msec and
deconvolution methods to extract overlapping responses.
Assuming that the hemodynamic response is essentially a
linear system, there is no obvious minimum ISI; rather,
there exists an optimal ISI distribution. An exponential
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distribution of ISIs (with a mean as short as psychophys-
ically possible) is optimal from a statistical standpoint.
Of course, the rapidity with which stimuli can be pre-
sented ultimately depends on the study being performed.
Many cognitive tasks may require a lower presentation rate.,
Several cognitive studies have been successfully performed
using intermixed, rapidly presented trials [138; 149].

Although excellent activation maps can be created using
rapidly presented stimuli and deconvolution methods, inter-
pretation of details of the deconvolved responses depends
on the linearity of the system. Future work in event-related
experimental optimization rests in what further informa-
tion can be derived from these responses. Between-region,
berween-voxel, between-subject, and stimulus-dependent
variations in amplitude, latency, shape, and responsivity
of the event-related fMRI responses are still relatively un-
characterized. Reasons for these differences are also still
unclear.

Single-Event fMRI: Single-Thought Measurement. Individ-
ual responses to individual events are easily detectable even
at relatively low field strengths, but it should be noted that
the studies described in previous sections involved relatively
long time series and considerable averaging or “binning”
of the individual responses into specific categories. These
approaches are extremely powerful, but repeatability of in-
dividual activation patterns is likely to be somewhat imper-
fect, especially across trials spaced several minutes apart.

Several studies have demonstrated the ability to create
functional maps and to derive useful information using
only a single response to a single input. Richter and col-
leagues were able to derive the relative onset of activation
of supplementary motor cortex relative to primary motor
cortex using a delayed motor task following a readiness
cue [160; 161]. Also, Richter et al. [162] demonstrated the
ability to correlate individual response widths to the dura-
tion of a mental rotation task. The larger the angle that an
object was mentally rotated, the longer the task took and
the wider was the event-related parietal region response.

These types of studies represent yet another exciting
new direction in fMRI paradigm design. It is imagined
that measurement of complex responses from large arrays
of cognitive manipulations are achievable in a single time
series using this approach, which may represent a large
jump in one aspect of fMR] temporal resolution: usable in-
formation per unit time. The combination of single-event
fMRI paradigm design with analysis techniques that in-
volve linear regression of multiple expected responses in a
single time series [163] may expand even further the utility
of fMRI.

Latency Discernibility within a Voxel or Region of In-
terest. If a task onset or duration is modulated, such as
in the aforementioned motor cortex tasks or mental rota-
tion studies [160-162], the accuracy with which one can
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temporally correlate the modulated input parameters to
the measured output signal depends on the variability of
the signal within a voxel or region of interest.

Savoy and colleagues [135] have addressed this issue of
latency estimation accuracy. Variability of several tempo-
ral components of an activation-induced response func-
tion were determined. Six subjects were studied, and ten
activation-induced response curves were analyzed for each
subject. The relative onsets were determined by finding
the latency with which each of the temporal “components”
was maximized with each of three reference functions, rep-
resenting three “components” of the response curve: the
entire curve, the rising section, and the falling section. The
standard deviations of the entire curve, rising phase, and
falling phase were found to be 650 msec, 450 msec, and
1,250 msec, respectively. The reason for the difference be-
tween the rising phase and falling phase variability remains
an open question.

Latency Discernibility across Voxels or Regions of In-
terest. Researchers have reported observing across-region
differences in the onset and return to baseline of the
BOLD signal during cognitive tasks [136; 164]. For exam-
ple, during a visually presented event-related word-stem
completion task, Buckner et al. [136] reported that the sig-
nal in the visual cortex increased about 1 sec before the
signal in the left anterior prefrontal correx. One might ar-
gue that this is expected, since the subject first observes
the word stem and then, after about a second, generates a
word to complete this task. Others would argue that the
neuronal onset latencies should not be more than about
200 msec. Can inferences regarding the spatial-temporal
cascade characteristics of networked brain activation be
made on this time scale from fMRI data? Without con-
trolling for the intrinsic temporal variability of the BOLD
signal over space, such inferences cannot be easily made
for temporal latency differences below about 4 sec. If
appropriate controls are performed, then the variability
approaches that of a single response in an individual
voxel.

Lee et al. [165] were the first to observe that the fMRI
signal change onset within the visual cortex during sim-
ple visual stimulation varied from 6 sec to 12 sec. These
latencies were also shown to correlate somewhat with the
underlying vascular structure. The earliest onset of the sig-
nal change appeared to be in gray matter; the latest onset
appeared to occur in the largest draining veins. This ba-
sic observation was also made in the motor cortex [107;
166]. In one study, latency differences did not show a clear
correlation with draining veins [167].

Figure 32 demonstrates three sources of temporal vari-
ability. Figure 32(a) shows us a plot of the average time
course from the motor cortex resulting from 2-sec finger
tapping. As mentioned, the first source of variability is the
intrinsic noise in the time-series signal (the standard de-
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viation of the signal is on the order of 1%). The second
source of variability is that of the hemodynamic response,
which ranges from 450 msec to 1,250 msec, depending on
whether one is observing the rising or the falling phase of
the signal. The third source of variability is the latency
spread over space.

The plot in Figure 32(a) was used as a reference func-
tion for correlation analysis and allowed to shift £2 sec.
Figure 32(b) is a histogram of the number of voxels in
an activated region that demonstrated a maximum corre-
lation with the reference function at each latency (relative
to the average latency) to which the reference function was
shifted. As can be seen, the spread in latencies is over 4 sec.
Figure 32(c) includes a map of the dot product (measure
of signal change magnitude) and latency, demonstrating
that the regions showing the longest latency roughly corre-
spond to the regions that show the largest signal changes.
These largest signal changes are likely to be downstream
draining veins.

To obtain information about relative onsets of cascaded
neuronal activity from latency maps, it is important to
characterize the underlying vasculature-related latency dis-
tribution at which one is looking. Savoy et al. [134; 135]
demonstrated that activation onset latencies of 500 msec
were discernible using a visual stimulation timing described
as follows. First, the subject viewed a fixation point for 10
sec. Then, the subject’s left visual hemifield was activated
500 msec before the right; both hemifields were activated
for 9 sec, and then the left hemifield stimulus was turned
off 500 msec before the right.

With careful choice of ROI from which the time-course
plot is made, these onset differences can be shown. How-
ever, maps of latency cannot reveal the onset differences
because, as mentioned, the variability over space (about
4 sec) dominates the inserted 500-msec variability from
left to right hemifield. In addition, the onset latency — as
derived from a time course obtained from a region of in-
terest — is extremely sensitive to the choice of ROI, since
the spatial variability is so extreme.

Modulation of the stimulation timing has allowed rela-
tive latency differences to be mapped. In the study shown,
the left—right onset order was switched so that, in the first
run, the left hemifield was activated and turned off 500
msec and 250 msec prior to the right; in the second run,
the right hemifield was activated and turned off 500 msec
and 250 msec prior to the left. Latency maps were made
for each onset order and subtracted from each other to re-
veal clear delineation between right and left hemifield that
was not apparent in each of the individual maps. This
operation is shown in Figure 33. It should be noted that
maps are of the change in onset of one area relative to an-
other and not of absolute latency. Maps such as these may
be extremely useful in determining which regions of activa-
tion are modulated relative to other areas, given a specific
and measurable task timing or response variation.
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Figure 32. Demonstration of several of the
Biospec 3T/60 equipped with a local head gradient coil.
msec, TR = 500 msec, flip angle = 8§07)
ing with 18 sec of rest.
time and space. (a)
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limits of fMRI temporal resolution,
A time-course series of axial images (matrix size = 96 x 96, FOV — 20 cm, TE = 40
through the motor cortex was obtained.
These figures demonstrate that the upper temporal resolution is determined by the variability of the signal change in
Time course of the signal elicited by tapping fingers for 2
in time, is in the range of 450-650 msec. (b) Map of the dot product (a measure
signal change magnitude) and the relative latencies or delays of the reference function (the plot in (a) was used as the

0 2 4 &4 3‘101214}61820
Time (sec)

Echo planar imaging was performed at 3 Tesla using a Bruker
Bilateral finger tapping was performed for 2 sec, alternat-

sec. The standard deviation ar each point was in the range of

reference function) at which the correlation coefficient was maximized. The spatial distribution of hemodynamic delays has a standard devia-

tion of about 900 msec. The longest delays
shown as dark lines in the T2*-weighted anatomical image. (c)
map in (h).

A similar study by Luknowski et al. [168] showed that
the mean accuracy of latency measures from multivoxel
ROIs is 27 msec, which is comparable to that of electro-
physiological experiments.

Spatial Resolution

As with temporal resolution, the upper limit on func-
tional spatial resolution is likely determined not by MRI
limits but by the hemodynamics through which neuronal
activation is transduced. Evidence from in vivo high-
resolution optical imaging of the activation of ocular
dominance columns [104; 105; 169] suggests that neuronal
control of blood oxygenation occurs on a spatial scale of
less than 0.5 mm. Magnetic resonance evidence suggests
that the blood oxygenation increases occurring with brain
activation are more extensive than the actual activated re-
gions [165; 170-173]. In other words: it is possible thar,
whereas the local oxygenation may be regulated on a sub-
millimeter scale, the subsequent changes in oxygenation

approximately match the regions that show
Histogram of relative hemodynamic latencies;

the highest dot product and the area where veins are
this was created from the latency

may occur on a larger scale owing to a spillover effect. An
example of this difference in activated region is given in
Figures 34 and 35.

Figure 34 shows a comparison of a spin-tagging tech-
nique (FAIR) with BOLD contrast functional imaging,
Low-resolution (64 x 64) and high-resolution (128 x 128)
anatomical and functional (correlation maps) BOLD con-
trast images (gradient—echo, TE = 40 msec) were obtained
of an axial slice through the motor cortex. Single-shot EPI
was performed using a local gradient coil [174] and a 3T/60
Bruker Biospec scanner. The images were S mm thick and
the FOV was 20 cm. The task was bilateral finger tapping.
Resting and active state perfusion maps, created using
FAIR (TI = 1,400 msec, TR = 2 sec, spin—echo TE = 42
msec), are also shown. Functional correlation maps using
BOLD contrast at the two different resolutions are
pared with a functional correlation map using the FAIR
perfusion time-course series. The magnified images, shown
in Figure 35, illustrate that the areas of activation obtained

com-
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using FAIR and BOLD contrast generally overlap but also
have some significant differences. These spatial shifts in
activation are likely to be due to the differences in hemo-
dynamic sensitizations of the two sequences. The FAIR
technique using a TI of 1,400 msec is optimally sensitized
to imaging capillary perfusion, as shown in the resting and
active state flow maps. The BOLD contrast functional im-
ages are strongly weighted by the effects of large draining
veins,

In general, achieving the goal of high—spatial resolu-
tion fMRI requires a high functional contrast to noise and
reduced signal contribution from draining veins. Greater
hemodynamic specificity — accomplished by proper choice
of pulse sequence (selective to capillary effects), innovative
activation protocol design (phase tagging), and/or proper
interpretation of signal change latency (latency mapping) —
may allow for greater functional spatial resolution. If
the contribution to activation-induced signal changes from
larger collecting veins and arteries can be easily identified
and eliminated, then (i) our confidence in localization of
brain activation will increase and (ii) the upper limits of
spatial resolution will be determined by scanner resolution
and functional contrast to noise rather than by variations
in vessel architecture.

Currently, voxel volumes as low as 1.2 ul have been ob-
rained by functional FLASH techniques at 4 Tesla [175],
and experiments specifically devoted to probing the up-
per limits of functional spatial resolution (using spiral scan
techniques) have shown that fMRI can reveal activity local-
ized to patches of cortex having a size of about 1.35 mm
[176]. These studies and others using similar methods
[121; 176-179] have observed a close tracking of MR signal
change along the calcarine fissure as the location of visual
stimuli was varied.

The voxel dimensions typically used in single-shot EPI
studies are in the range of 3-4 mm in plane, with 4-10-
mm slice thicknesses. These dimensions are determined by

Figure 33. Activation within a region of visual cortex is shown for two
separate conditions. In one condition (left), the right visual hemifield
stimulation precedes the left by 500 msec (top) and 250 msec (bot-
tom). In the other condition (middle), the lefe precedes the right by
500 msec and 250 msec. Latency maps from both of these conditions
show an intrinsic spread of =£2.5 sec, which is too large to clearly iden-
tify the relative latencies across hemifields. However, once the dara are
normalized for this intrinsic variance (by directly comparing the hemo-
dynamic response from the two different lags within individual voxels),
the offser between left and right hemifield can be observed (right).
This demonstrates that normalization of the hemodynamic lag can al-
low small relative temporal offsets to be identified. These normalized
offsets can then be compared across regions to make inferences about
neuronal delay. For this experiment, the TR was 400 msec.

practical limitations such as readout window length, sam-
pling bandwidth, S/N, limits of dB/dt, and data storage
capacity. Other ways to bypass the practical scanner lim-
its in spatial resolution include partial k-space acquisition
[95] and multishot mosaic or interleaved EPI [95; 113; 114].
[n many fMRI situations, multishot EPI may be the op-
timum compromise between spatial resolution, S/N, and
temporal resolution for fMRI.

Dynamic Range

It is important not to interpret spatial differences in
fMRI signal change magnitude as indications of differences
in the degree of neuronal activation, because the signal is
highly weighted by hemodynamic factors such as the dis-
tribution of blood volume across voxels. Nonetheless, it
is possible to observe differences in fMRI signal change in
the same regions but across incrementally modulated tasks.
This may be a useful method for extracting more direct
neuronal information from the fMRI time-course series.

The first demonstration that fMRI response is not sim-
ply binary was made by Kwong et al. [13]. Both flow-
and oxygenation-sensitized MR signal in V1 were mea-
sured as flicker rate was modulated. The signal behavior
corresponded closely with that obtained with a previous
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Figure 34. Comparison of perfusion-weighted and BOLD-weighted functional echo planar images at 3 Tesla. Echo planar imaging was per-
formed using a Bruker 3T/60 scanner and a local head gradient coil. All images were created of the same plane in the same experimental session.
The slice thickness was 5 mm and the FOV was 20 cm. An axial plane was chosen which contained the motor cortex. (a) 64 x 64 gradient—echo
anatomical image (TE = 50 msee, TR = 00). (b) 96 x 96 gradient—echo anatomical image (TE = 50 msec, TR = o0). (c) Perfusion image cre-
ated during the resting state using a FAIR time course series (TI = 1,400 msec, spin-echo TE = 60 msec, TR = 2 sec). (d) Perfusion image
created from the same time course series as (c) during bilateral finger tapping. (¢) 64 x 64 BOLD contrast functional correlation image created
from the time series of images in which image (a) was the first of the series. Bilateral finger tapping was performed. (f) 96 x 96 BOLD contrast
functional correlation image created from the time series of images in which image (b) was the first of the series. Bilateral finger tapping was
performed. (g) 64 x 64 perfusion-only functional correlation image created from the same time series of perfusion images from which the rest-
ing state (c) and active state (d) images were created. Note the difference in spatial location of the area of activation between the flow-weighted
and perfusion-weighted functional images. The “hot spot” in the BOLD contrast images is likely to be a draining vein, which does nor appear

in the perfusion-weighted functional image created using FAIR.

PET study [180]. Other studies have revealed a responsiv-
ity in higher visual areas to contrast and flicker rate [181;
182]. In the primary motor cortex, a linear signal depen-
dence on finger tapping rate has been demonstrated [183].
In the primary auditory cortex, a sublincar dependence on
syllable presentation rate has been demonstrated [184].

Sensitivity

Extraction of a 1% signal change (which is typical of
fMRI) against a backdrop of motion, pulsation, and noise
requires careful consideration of the variables influencing
the signal detectability. These variables span factors that
increase signal, increase fMRI contrast, reduce physiologic
noise, and reduce artifactual signal changes. Next we
present a list of some salient variables that are important
to consider in relation to optimizing fMRI sensitivity.

Averaging. Avcraging of sequentially obtained images
increases the S/N by the square root of the number of
images collected. One difficulty is that, if averaging is per-
formed over too long a period (exceeding ~ 5 min), then

systematic artifacts (i.e., slow movement or drift) tend to
outweigh the benefits obtained from averaging for that
duration.

Field Strength. As previously discussed, S/N and func-
tional contrast increase with field strength. However, such
difficulties as increased shimming problems, increased phys-
iologic fluctuations, and limitations on the possible RF coils
used also increase with field strength. It has yet to be de-
termined if gains in sensitivity and contrast obtained by in-
creasing field strength cannot be achieved by other methods
at lower fields, or if the gains in sensitivity and contrast out-
weigh the disadvantages of imaging at high field strengths.

Filtering. In most fMRI studies using EPI, the noise over
time is dominated not by system noise but by physiologic
fluctuations. These fluctuations correspond to specific fre-
quencies (i.e., heart and respiration rates). Filtering out of
these frequencies can increase the functional contrast-to-
noise ratio, or at least make the noise closer to Gaussian
so that parametric statistical tests can be applied.
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Gating. Gating is a technique whose one serious draw-
back has at least a potential solution. Gating involves
triggering of the scanner to the heart beat so that an im-
age is always collected at a specific phase of the cardiac
cycle. This is advantageous because a primary source of
noise is collection of images at different phases of the car-
diac cycle, which causes head misregistration (the brain
moves with every heartbeat) and pulsatile flow artifacts.
Image collection at a single phase would eliminate this
misregistration, thereby reducing the noise and potentially
increasing the spatial resolution of fMRI (i.e., the brain
would be imaged at a single position all of the time). The
drawback to gating is that if the heart rate changes dur-
ing the collection of images then the MR signal intensity
also changes, depending on the tissue T1 and the average
TR used. This generally causes very large fluctuations in
the data — which makes gating relatively worthless in the
context of fMRI. However, a technique has been devel-
oped to correct for the global fluctuations that occur with
heart rate changes [185], which would make gating a feasi-
ble option in fMRI. Gating would be especially useful for
identifying activation in structures at the base of the brain,
since that is where pulsatile motion is greatest, where acti-
vation is most subtle, and where activated regions are the
smallest — requiring the most consistent image-to-image
registration.

Paradigm Timing. The choice in fMRI timing is usu-
ally determined by the sluggishness of the hemodynamic
response (it is seldom useful to go much faster than an
on—off cycle of 8 sec on, 8 sec off), the particular brain
system that is being activated (cognitive tasks may have
a more delayed response), and the predominant frequency
power of the noise. As a rule of thumb, the goal is to max-
imize both the number of on—off cycles and the amplitude
of the cycle in order to maximize the power of postprocess-
ing techniques such as correlation analysis [186] to extract
functional information. Generally, contrast-to-noise ratio
is maximized and artifact is minimized by cycling the acti-
vation at the highest rate that the hemodynamics can keep
up with and by having a time-course series of no longer
than about 3—4 min.

Postprocessing. Many approaches have been used to
extract from fMRI data estimates of the significance, am-
plitude, and phase of the functional response, yet there is
still surprisingly little agreement on the appropriate tech-
niques. A review has recently been published on statistical
software packages for fMRI [187]. Generally speaking, if
one knows the exact shape and phase of the expected
signal response then a matched filter (i.e. correlation) ap-
proach may be optimal. If the shape is unknown, then
use of a single expected response function (boxcar func-
tion or a sine wave) may miss unique activation patterns.
The challenge of accurately determining regions of sig-
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Figure 35. Magnification of selected images displayed in Figure 34
to emphasize the differences in the activation locations that appear
with different hemodynamic sensitizations. (a) Baseline 64 x 64 per-
fusion image — magnification of Figure 34(c). (b) 64 x 64 perfusion-
only—sensitive functional correlation image — magnification of 34(g).
(c) 64 x 64 BOLD contrast functional correlation image — magnifi-
cation of 34(e). (d) 96 x 96 BOLD contrast functional correlation
image — magnification of 34(f). (¢) 96 x 96 gradient—echo anatomi-
cal image — magnification of 34(b). Dark lines in the image are likely
due to deoxygenated veins (lower T2* and phase difference from other
tissue in voxel, thereby causing dephasing).

nificant activation from fMRI data is nontrivial and has
yet to be solved. Some of the techniques for addressing
this issue include: (a) development of accurate and robust
motion correction/suppression methods; (b) determination
of the noise distribution [121; 188; 189]; (c) determina-
tion of the temporal [128] and spatial [190] correlation of
activation-induced MR signal changes and of baseline MR
signal; (d) characterization or assessment of the tempo-
ral behavior or shape of activation-induced signal changes
[121; 164; 184; 191; 192]; and (e) characterization of how
the aforementioned factors vary in time and space [165;
193], across tasks [121; 191; 192], and with different pulse
sequence parameters [13].

It is important always to inspect the data for motion
and not to assume too much about the expected response
and yet, at the same time, to use all of the current a priori
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information about hemodynamic responses and neuronal
activation to extract meaningful information.

Pulse Sequence. Pulse sequences that can be used for
fMRI have a wide range of sensitivities; gradient—echo se-
quences are the most sensitive and time-efficient. Standard
clinical multishot techniques (i.e., FLASH or GRASS) suffer
from significantly more motion-related noise than EPI tech-
niques or spiral multishot techniques [110; 111; 194]. Also,
application of navigator echoes [110; 116] or other types of
image reconstruction—related postprocessing of multishot
data can significantly reduce artifactual fluctuations.

Choice of RF Coil. The trade-off here regards spatial
coverage versus sensitivity. The smaller the coil used, the
less brain tissue it couples to. This gives a higher S/N
but much less brain coverage; larger RF coils yield more
brain coverage but lower S/N. Where sensitivity is critical,
a surface coil in a specific region may be desirable. Where
whole-brain imaging is desirable, a whole-brain quadrature
RF coil is optimal [195]. This coil is generally as close
to the head as possible and couples only to the brain re-
gion. It should noted that typical whole bead and neck
coils used clinically are suboptimal for whole-brain fMRI,
since they couple also to the face and neck regions (only
adding noise) and since they are generally not as close as
possible to the head.

Voxel Size. The signal-to-noise ratio is directly propor-
tional to voxel volume. Functional contrast to noise is
optimized by matching the volume of the active region
to the voxel volume. Because functional region sizes are
not well characterized and are likely to vary widely, the
optimal voxel size is difficult to predict. Many have gen-
erally matched the voxel slice to the cortical thickness.
Other groups have used a slightly thicker slice to increase
brain coverage given a limitation in the number of slices
obtainable. As described before, spatial resolution may ac-
tually be reduced with the use of smaller voxels if the
contrast-to-noise ratio is not high enough to detect more
subtle capillary effects. In such a case of low contrast
to noise, primarily downstream draining veins would be
detected. This phenomenon may explain the exclusive de-
tection of large vessels by Lai and Haacke et al. [172; 173]
using small voxels. Overall, small voxels are desirable as
long as the sensitivity remains high enough to detect a 1%
signal change.

COMMON fMRI PLATFORMS

In an attempt to bring together much of what has been
discussed so far, in this section we describe some of the
most commonly used platforms for fMRI. The three types
of fMRI pulse sequences examined here are EPI, conven-
tional multishot imaging, and spiral scanning.
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Echo Planar Imaging

Echo planar imaging is an ultrafast MRI technique [39;
93-95] that has been (and continues to be) ubiquitous in
the ongoing development and application of fMRI. In
most of the growing number of centers with EPI capability,
it is the fMRI method of choice for most applications.

The EPI technique has several drawbacks (low spatial
resolution, high sensitivity to off-resonance effects, need for
specialized hardware, potential for peripheral nerve stimu-
lation, and need for specialized image reconstruction algo-
rithms). The advantages of EPI (high temporal resolution,
high flexibility for imaging several types of physiological
processes, high stability, low imaging duty cycle, low sen-
sitivity to motion) still greatly outweigh the disadvantages
for most purposes related to FMRI. Following is a brief
description of some of these EPI characteristics.

Spatial resolution in single-shot EPI is limited either by
the area of k-space that can be sampled in approximately
one T2* period or by the system bandwidth [196]. The
area of k-space that can be covered is limited by either the
velocity in k-space (gradient amplitude) or the acceleration
in k-space (gradient slew rate) — and typically by both.

The requirement with EPI for strong and rapidly switch-
ing gradients is satisfied by (1) increasing the gradient am-
plifier power or using a speed-up circuit; (2) implementing
resonant gradient technology; (3) reducing the inductance
of the gradient coils so that they can be driven by con-
ventional gradient amplifiers; or (4) increasing the field of
view and/or lowering the resolution to match the speed at
which standard gradient amplifiers can keep up.

The first strategy is probably the least commonly used,
whereas the second strategy is likely the most common EPI
technique. Strategies (1) and (2) both use whole-body gra-
dient coils, which allow performance of EPI for functional
and/or kinematic studies on the heart, lungs, digestive sys-
tem, kidneys, throat, joints, and muscles. In the context of
fMRI, whole-body gradients allow more accessibility for
patients with mobility problems and for easy delivery of
brain activation stimuli.

The third strategy is used primarily by several centers
that have home-built gradient coils. This strategy is im-
plemented by using a gradient coil that is localized only
to the head. The gradient fields are optimized for a re-
gion that usually covers the brain and/or the region of RF
sensitivity. Finally, single-shot EPI can be carried out on
a conventional imaging system without the use of local
gradient coils (i.e., using the whole-body gradient coil) by
simply using a large FOV and/or a small image matrix size
[197]. Functional MRI using EPI with voxel sizes of about
10 mm x 10 mm x 10 mm (the approximate resolution of
a PET scanner) have been performed on a standard GRE
1.5-Tesla Signa system with excellent results [198]. This
type of echo planar imaging capability exists on practically
every clinical scanner in the world.
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The requirements for successful implementation of EPI
for fMRI are not limited to hardware. In most cases, phase
correction algorithms (applied during image reconstruc-
tion) are necessary to compensate for timing errors related
to imperfections in the gradients, gradient-induced eddy
currents, or static field inhomogeneities. A major non—
hardware-related limitation on gradient slew rate is the
biological threshold for neuronal stimulation due to time-
varying magnetic fields. At present, high-performance gra-
dient systems (either local gradient coils or high-powered
whole-body systems) are capable of exceeding the FDA
guidelines on gradient field slew rate (dB/d¢). This is a
large determinant of the upper limit on the resolution pos-
sible using single-shot EPI to image humans.

Because of the long sampling time and artifactual phase
modulation, EPI is sensitive to two types of off-resonance
artifacts: signal dropout and image distortion. Signal
dropout is primarily due to intravoxel phase dispersion re-
sulting from through-plane variation of magnetic field. The
problem of signal dropout in gradient-echo sequences can
be reduced by reduction of the TE, reduction of the voxel
volume, and/or localized shimming. Also, this effect is
greatly reduced in spin—echo EPI because the macroscopic
off-resonance effects are refocused at the echo time.

Image distortion is caused by an off-resonance phase
modulation that occurs during data acquisition. In EPI,
this linear phase modulation creates a primarily linear
distortion of the image in the phase encoding direction.
Several postprocessing methods have been put forward for
correcting image distortion in EPI [198; 199].

With the use of EPI, approximately ten images may be
obtained per second — allowing the option to image the
entire brain in under 2 sec or to sample a smaller number
of imaging planes and so allow a more dense sampling of
the time course. Another possibility in EPI is to sample
less densely in space but to cover a large volume in a sin-
gle shot; this technique is known as echo volume imaging
(EVI) [93; 200].

A practical but significant factor to be considered when
performing fMRI with EPI is the rapidity with which
large amounts of data are collected. This data may then
go through several additional transformations (adding to
the total required data storage capacity) before a func-
tional image is created. If 10 slices of 64 x 64 resolution
are acquired every 2 sec. (typical for multislice fFMRI),
then the data acquisition rate is approximately 2 MB per
minute.

Conventional Multishot Imaging

High-resolution fMRI techniques developed for use with
conventional gradients include multishot FLASH [14; 108;
173; 201-204], turbo-FLASH [205], low-resolution EPI [132;
206], multishot or interleaved EPI [113; 114], echo-shifted
flash [207; 208], keyhole imaging [209], and fast spin—echo
(210].
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Several centers have been able to successfully implement
conventional multishot techniques in a routine and robust
manner for FMRI [108; 172; 175; 201]. The advantages
to multshot techniques are relatively high in-plane spa-
tial resolution, less sensitivity to off-resonance effects, and
availability on most clinical scanners. The disadvantages
are: lower temporal resolution; increased noise due to non-
repeated shot-to-shot misregistration of k-space lines [110;
111; 194] owing to variable sampling of low-frequency lines
at different phases of the cardiac cycle; lower signal due
to the need for short TR and low flip angles; reduced
capability to perform multislice fMRI as rapidly as with
EPI; and less flexibility or “dead time” (which comes with
the long TR typically used for EPI) for other types of
pulse sequence manipulations. More time-efficient and sta-
ble multishot techniques include fast spin—echo [210] and
spiral scan imaging [110; 111; 194].

Spiral Scanning

Of non-EPI techniques, the most temporal stability has
been exhibited by multishot spiral scan sequences, which
involve traveling outward from the center of k-space in a
spiral manner and are used in conjunction with a single-
point phase correction scheme [194; 211]. Spiral scanning
also involves oversampling at the center of k-space — where
the acquisitions are intrinsically gradient-moment nulled —
providing less sensitivity to phase errors caused by brain,
blood, or cerebral spinal fluid pulsations with the cardiac
cycle.

Spiral scanning has been used for many fMRI applica-
tions [176; 177; 190; 212] and has demonstrated, when used
in conjunction with a phase-tagging activation scheme, the
highest functional resolution (1.35 mm) to date [176]. In
studies where high spatial resolution is important or where
EPI is unavailable, spiral scan appears to be the method of
choice.

Several review articles and chapters on fMRI techniques
and applications are available [107; 122; 166; 190; 213-221].

Epilogue

Since its inception in 1991, fMRI has evolved rapidly into
a highly robust and widely used technique. It is fraught
with technical difficulties, most of which are fully solv-
able. The technique is also full of surprises and likely to
have at least several uses and new directions not yet un-
covered. Our hope is that the reader of this chapter will
come away with a clear sense of the sophistication neces-
sary to conduct fMRI well and with a solid understanding
of successful fMRI implementation.
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